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Abstract
Three completely new, minimally-invasive laser operation techniques were developed
and extensive investigations were carried out for a clinical application in orthopaedics.
With a focus on laser tissue interactions, this work covers a broad range of different appli-
cations from cw to femtosecond laser systems. Throughout this work, the emphasis was
put on laser tissue interaction and the optimisation of laser parameters with regard to
safety and efficiency. Two effects, laser ablation and laser coagulation, were investigated
with regard to minimal thermal damage to collateral structures.
The main part was the development of a completely new laser-induced operation tech-
nique for the minimally-invasive treatment of spinal deformities in young patients. The
method is based on endoscopic laser treatment with an anterior (thoracoscopic) surgical
approach. During extensive in vivo experiments, the Ho:YAG laser proved to be a pow-
erful tool for the precise, fast and effective ablation of cartilage tissue and, thus, a new
gentle operation technique for the treatment of idiopathic scoliosis. In 75% of all cases,
the desired effect of inhibiting growth on one side, i.e. the side with laser hemiepiphys-
iodesis, could be achieved.
In a second application, experiments with a picosecond and a femtosecond-laser system
showed that plasma-mediated tissue ablation of cortical bone is possible with sufficiently
high ablation rates and accuracy for the clinical application of microsurgical treatment.
In comparison with longer picosecond laser pulses from the Nd:YAG laser, the ablation
with the Ti:Sapphire femtosecond pulses was found to be more efficient.
In a third application, we demonstrated the feasibility of laser-induced interstitial ther-
motherapy (LITT) of bone tissue as a minimally-invasive treatment of bone tumours
(osteoid osteoma). After evaluating three lasers (Ho:YAG, Nd:YAG and diode (λ = 940
nm)), we found that thermal penetration and, thus, coagulation of bone tumours is pos-
sible for tumour sizes up to 2 cm.
New fast magnetic resonance imaging (MRI) sequences for online temperature monitoring
were developed in cooperation with the German Cancer Research Centre. Measurements
showed that the T1-method is the most reliable method, although results from the diffu-
sion method and the PRF (proton resonance frequency) are more sensitive. The results
demonstrated that visualization and control of the heating procedure during LITT as well
as data acquisition is possible within 1.5 seconds.
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Chapter 1
Introduction
Along with the efforts of clinics and physicians to reduce the costs of medical care, new
operation techniques have to be found that allow for an effective treatment with short
operation times and fast mobilization, so as to minimize the need for intensive aftercare.
One way to achieve this goal is to use minimally-invasive operation techniques that, in
contrast to conventional methods, result not only in faster mobilization of the patients
and, thus, shorter hospitalization times, but also provide much better cosmetic results
and reduce pain. Although a variety of endoscopic treatments have been carried out
for many years already, thoracoscopic surgery on the spine is a fairly new operation
technique. With the advent of video technology, thoracoscopy offers a minimally-invasive
operative approach to accomplish thoracic surgical procedures previously performed
through open techniques [Kee93].
Another aspect is the clinical application of laser light in the treatment of a broad number
of diseases. Apart from technical improvements with regard to reliability and laser size as
well as application devices such as fibres, articulated mirror arms or endoscopic systems,
the number of clinical laser applications has increased immensely during the last few
years. Nowadays, there are a vast number of applications for almost any region of the
body, where a laser-based treatment is superior to conventional methods. Significant
advances in laser technology have also been important in the growing use of video-assisted
thoracic surgery (VACS).
In bringing these two aspects together, i.e. combining endoscopic surgery and high-
tech laser applications, a variety of new, powerful clinical applications are opened up.
Focussing on the physics of laser-tissue interaction, this work presents three completely
new clinical applications of minimally-invasive laser treatment.
The main emphasis was put on the development of a new laser based operation
technique for the minimally-invasive treatment of spinal deformities in young patients
(idiopathic scoliosis1). This study is a product of the cooperation between the Kirchhoff-
1The term “scoliosis” was first used by Galen (AD 131-201) in “De moto maerculorum”, although
spinal deformation was previously described by Hippocrates 470 BC.
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Institute of Physics and the Orthopaedic Clinic, both of the University of Heidelberg,
Germany.
1 to 3% of young people develop idiopathic scoliosis due to a malfunction in spinal
growth which results in an extreme curvature of the spine to one side mostly accompanied
by a rotation of the spine. In contrast to the existing treatment, in which bolts and rods
are fixed inside the vertebral bodies to apply a mechanical strength, our aim is to treat
these patients using a laser to remove the epiphyseal cartilage of the vertebra.
The method focusses on minimally-invasive endoscopic laser treatment using an anterior
(thoracoscopic) surgical approach. It is known that an early partial ablation of the
epiphyseal growth plate (hemiepiphysiodesis) over several vertebrae can cause scoliotic
growth [Bis40] [Can79] [Haa39] [Pac39] [Roa60]. Furthermore, in 1924 Wittek first
showed on young scoliotic patients with sufficient growth potential that a hemiepi-
physiodesis on the convex side of the curvature over several vertebrae resulted in a
straightening of the spine [Wit24].
In contrast to Wittek, who used mechanical instruments (chisel) to remove the epiphyseal
growth plate in open surgery, our new method is based on precise minimally-invasive
laser ablation. Therefore, the aim of this work is to show that our treatment model
is capable of inducing a change in spinal growth, i.e. of producing a scoliosis. Hence,
if laser hemiepiphysiodesis on the spine is capable of inducing such a scoliotic growth,
the opposite, i.e. laser ablation on the convex side over several vertebrae in young
patients with sufficient growth potential, should result in a straightening of the spine.
In chapter 5, the complete development from a preliminary evaluation of different
laser systems (see section 5.3) to an application on animals (foxhounds) is described. The
aim of the initial evaluation was to find a suitable laser which met all of the requirements
for effective clinical treatment with maximum safety for the patient producing less pain
and excellent cosmetic results and, thus, allowing a faster mobilization and shorter
hospitalization.
Whereas laser hemiepiphysiodesis with the Ho:YAG laser is based on the rapid
evaporation of the water inside the tissue, other mechanisms of laser-tissue interaction,
such as plasma-induced tissue ablation, offer a new field of clinical applications based
on very precise ablation, such as photo-refractive surgery on the cornea of the eye
[Bil97],[Mu¨l97],[Lub99], glaucoma treatment [Keß00] or ablation of neural tissue [Go¨t96].
Since plasma-mediated laser ablation is capable of removing only small volumes of tissue,
its application in clinical treatment has been limited until now. However, due to the
development of new powerful pico- and femtosecond laser systems, the number of applica-
tions is increasing. Another advantage of plasma-mediated ablation is the independence
of tissue structure. Therefore, even hard tissue like cortical bone can be removed easily
using this technique. In chapter 6, the main interest lies in the clinical application of
laser-micro-surgery (LMS) used for the treatment of stenosis on vertebral foraminae
and necrosis of the head of femur [Bon99]. For these applications, precision in tissue
3ablation and non-thermal laser-tissue interaction are essential requirements, whereas the
ablation rate itself is of secondary importance.
Two powerful ultra-short-pulse laser systems were compared with regard to their ablation
rates and precision of plasma-mediated ablation of cortical bone tissue (bovine thigh
bone). This is the first evaluation of plasma-mediated ablation of bone tissue, which
allows for very clean and well-defined removal of tissue without evidence of thermal or
mechanical damage to collateral structures.
Another rapidly growing field of clinical laser applications is the minimally-invasive
treatment of tumours.
Chapter 7 describes the first experiments towards a clinical application of a new
minimally-invasive laser treatment of benign bone tumours. It is the first work which
uses online MRI temperature monitoring for the laser-induced interstitial thermotherapy
(LITT) of bone tissue.
There are many types of benign and malignant bone tumours of which the osteoid
osteoma (OO) is the most common of the benign ones.
To date, only one research group is known to use LITT as a treatment for OO [Gan98].
Their method is based on the inactivation of the tumour cells with laser photo-coagulation,
using a bare fibre and thereby destroying all tumour cells without the removal of bone tis-
sue. The necrotic cells are absorbed and replaced with new bone cells (osteocytes). They
use computer tomography (CT) for intra-operative guidance, which exposes the patient
to additional radiation. In addition, online temperature monitoring is not possible using
this technique.
The aim of our new laser treatment was to inactivate the OO by the photo-coagulation
of the tumour (nidus) using a laser fibre and thereby destroying all tumour cells without
removal of bone tissue.
During the study, 3 different laser systems including a Nd:YAG laser, a Ho:YAG laser
and a compact diode laser (λ = 940 mn) were evaluated with regard to their suitability
for LITT. A new fully MR compatible puncture system was developed to facilitate the
puncture of the nidus and assure precise needle placement,.
Nowadays, magnetic resonance imaging (MRI) is one of the most important tools in clin-
ical diagnostics. It allows for non-invasive investigation of anatomical structures with a
very high spatial resolution and excellent soft tissue contrast. Images of any orientation
within the whole body can be acquired. New fast imaging techniques and the improve-
ment of contrast medium have led to a vast range of new MRI applications such as MR
angiography [Boc00], investigation of brain function and perfusion, MR urography [Sch93]
and MR pulmonary imaging [Bac96].
Our newly invented minimally-invasive laser treatment of OO is performed under MRI
guidance and uses the latest imaging technique for fast non-invasive online temperature
control of the coagulation process. This allows for a precise puncture of the tumour and
safe laser treatment with the possibility of stopping the laser if the tumour volume has
been coagulated, thus, avoiding thermal damage to collateral healthy structures.
4 CHAPTER 1. INTRODUCTION
Non-invasive MR temperature imaging is based on a change in the parameters T1 (relax-
ation time), D (diffusion coefficient) or PRF (proton resonance frequency).
Chapter 2
Fundamentals of laser-tissue
interaction
The crucial issue for all clinical laser applications is the medical indication and the ex-
pected benefit. Therefore, knowledge of how laser light interacts with different types of
biological tissue is the key to finding new and effective applications for lasers in medicine.
Along with technical improvements in reliability and size, and application devices such
as fibres, articulated mirror arms or endoscopic systems, the number of clinical laser ap-
plications has increased immensely in the last few years. Today, laser-tissue interactions
are the subject of many investigations in almost all types of tissue. This chapter gives an
overview of the different aspects of laser-tissue interaction. The emphasis thereby is put
on thermal laser-tissue interactions, since most of the clinical laser applications presented
in this work are based on this type of interaction. For a deeper insight to the field of
laser-tissue interaction, reference should be made to [Bou86][Nie96].
2.1 Classification
The variety of interaction mechanisms that occur when applying laser light to biological
tissue is manifold. Specific tissue characteristics as well as laser parameters contribute
to this diversity. The most important optical tissue properties are the coefficients of re-
flection, absorption and scattering, as well as heat conduction and heat capacity. On the
other hand, the laser parameters such as wavelength, pulse duration, pulse energy and
spot size determine the kind of interaction. Among these, the exposure time is a very
important parameter when selecting a certain type of interaction.
In 1986 Boulnois presented a classification of four different types of laser-tissue interaction,
which has been accepted ever since [Bou86]. He distinguishes photochemical interactions,
thermal interactions, photoablation and plasma-induced ablation (photodisruption). Fig.
2.1 shows a double logarithmic map with the different interaction types as a function
of pulse duration (irradiance) and power density. According to this chart, the different
interaction mechanisms are connected to certain time scales: continuous wave or exposure
times > 1 s for photochemical interactions, 1 min down to 1 µs for thermal interactions,
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1 µs down to 1 ns for photoablation, and < 1 ns for plasma-induced ablation (photodis-
ruption). However, adjacent interaction types cannot always be strictly separated. In
addition to characterization concerning irradiance and power density, the wavelength of
the laser light is also very important for interaction mechanisms. Lasers operating in the
near infrared (NIR) at wavelengths between 700 and 1100 nm are characterized by their
applicability in the so called “therapeutic window”. At these wavelengths, most types of
tissue have high transmission rates, thus, laser photons can penetrate deep into the tissue.
The high water content of soft tissue is a decisive factor for the low absorption coefficient,
since water has a low absorption coefficient in this wavelength interval (fig. 2.2).
Fig. 2.1: Classification of
laser-tissue interactions with
respect to pulse duration and
power density [Nie96].
Photochemical interaction takes place at very low power densities (typically 1
W/cm2) and during long exposure times ranging from seconds to continuous wave. This
field of clinical laser applications such as photodynamic therapy and biostimulation, -
mostly using dye lasers, which can be adjusted to the optimum wavelength,- has ex-
panded over the last few years, especially in the field of cancer treatment, due to the
development of new efficient photosensitizers [Dou83]. Photochemical laser-tissue inter-
action and photoablation are not part of this work. A detailed description can be found
in [Nie96].
2.2 Thermal interaction
The majority of the therapeutic use of lasers in medicine is in the field of thermal
applications. A detailed overview of thermal laser application is given in [Ber92]. The
term “thermal interaction” denotes a variety of processes that lead to a local rise in
temperature depending on the tissue parameters, as well as on the laser wavelength,
pulse duration and power density. Typical power densities are in the range of 10 - 106
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W/cm2 with pulse durations of 1 µs to a few minutes.
At a microscopic level, the photothermal effect originates from the transfer of electro-
magnetic energy to thermal energy i.e. molecular vibration and rotation bands inside the
tissue. This can be expressed as a two-step process. Firstly, the absorption of a photon
with an energy hν promotes the molecule A to an excited state A*:
hν + A→ A∗, (2.1)
then secondly, inelastic collisions with the adjacent molecule B lead to the deactivation
of A* and a simultaneous increase of the kinetic energy of B:
A∗ +B(Ekin)→ A+B(Ekin + ∆Ekin) (2.2)
The kinetic energy of biomolecules at room temperature is about 0.025 eV, whereas ther-
mal lasers such as the CO2 laser (λ = 10.6 µm) have a photon energy of 0.117 eV i.e. five
times higher. The Argon-ion laser (λ = 514 nm) has a photon energy of 2.4 eV i.e. almost
100 times higher. Therefore, laser energy can be absorbed only due to the extremely high
number of vibrational and rotational bands of biomolecules (103 to 105) and the high
cross section for the collision (10−18 cm2 to 10−17 cm2) of the excited state A*.
The spatial extent and degree of tissue damage depends primarily on magnitude,
exposure time, and placement of deposited heat inside the tissue. The deposition of laser
energy, however, is not only a function of laser parameters, but also depends strongly on
optical tissue parameters such as absorption and scattering coefficients, heat capacity and
thermal conductivity.
Fig. 2.2: Optical
absorption coefficient
α for water from
200 nm to 100 µm
[Duc90]. Note the low
absorption coefficient
for the wavelengths
between 700 and 1100
nm (“therapeutic
window”).
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In most biological tissue, absorption is mainly due to the presence of free water
molecules, pigments (e.g. melanin) and proteins. The optical absorption coefficient of
water is plotted in fig 2.2. It can be seen that, toward the IR range of the spectrum,
absorption increases by several orders of magnitude (logarithmic scale) with a peak at
about 3 µm. It originates from symmetric and asymmetric vibrational modes of the water
molecule [Poh76] with resonance frequencies at 1.13·1014 and 1.08·1014 respectively. Thus,
the family of Er3+ doped lasers (Er:YAG at 2.94 µm, Er:YLF at 2.8 µm and Er:YSGG at
2.79 µm) is a typical thermally-acting laser with a very high ablation power on the tissue
surface due to strong absorption, but with low penetration depth. The Ho:YAG laser at
2.12 µm also matches an absorption peak of water, although its interaction properties are
somewhat different to the Er:YAG laser (see section 5.5.1).
2.2.1 Heat generation
Deposition of heat in the tissue for in vitro studies is due only to light absorbed according
to Lambert-Beer’s law
I = I0 exp{−µα(λ)z} (2.3)
with the penetration depth d(λ)=µα(λ)
−1.
For a light flux in z-direction in a non-scattering medium, the local heat deposition
per unit area and time in a thickness ∆z is given by
S(r, z, t) =
I(r, z, t)− I(r, z + ∆z, t)
∆z
[
W
cm3
]
(2.4)
and with ∆z → 0,
S(r, z, t) = −δI(r, z, t)
δz
= µα(λ)I(r, z, t) (2.5)
Since µα is strongly wavelength-dependent, the same applies for S.
If scattering is taken into account, Lambert-Beer’s law has to be modified by
I(r, z) = I0(r, z) exp{−µtz} (2.6)
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with the total attenuation coefficient µt = µa + µs and the scattering coefficient µs. The
optical penetration depth is then given by
d = (µt)
−1 (2.7)
Although this simple approach is a good approximation for a collimated laser beam, this
model can no longer be applied to many applications using fibre optics or special laser
applicators with diffusing distal tips, as used in LITT.
If phase transitions do not occur, an alternation in heat content dQ induces a linear
change in temperature dT according to a basic law of thermodynamics
dQ = mcdT (2.8)
where m is the mass and c is the specific heat capacity in units of kJ kg−1 K−1. During
thermal laser therapy, the main cause of the resulting tissue damage is the heat
transport. There are losses based on either heat conduction, heat convection or heat
radiation [Ada88]. The latter is described by Stefan-Boltzmann’s law, which states that
the radiated power is related to the fourth power of temperature. Due to the moderate
temperature achieved in most laser-tissue interactions, and the much higher heat transfer
rates from convection and conduction, heat radiation can be neglected. Nevertheless
there are LITT simulations which take heat radiation into account [Stu95].
2.2.2 Heat transport
Heat conduction is the primary mechanism by which heat is transferred to adjacent
tissue structures. With the temperature conductivity defined by
κ =
λ
ρc
[
m2
s
]
(2.9)
where λ is the heat conductivity in units of [Wm−1K−1], ρ is the density and c is the
specific heat capacity in units of [kJkg−1K−1] , heat conduction can be derived using the
inhomogeneous heat conduction equation
T˙ = κ∆T +
1
ρc
S(r, z, t) (2.10)
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with an additional heat source S(r,z,t) [Wm−3] which represents the sum of the outer
heat density from laser radiation (equation 2.5) and the inner heat produced by the body
cells (metabolic heat). The latter can be neglected in comparison with the externally
applied heat during thermotherapy and is zero for in vitro applications.
The solution of the inhomogeneous heat equation depends strongly on the temporal and
spatial dependencies of S(r,z,t). An analytical solution can be derived if the heat source
function S(r,z,t) is approximated by a point source S(z, t) = S0δ(z − z0)δ(t− t0). In this
case, the inhomogeneous differential equation (equation 2.10) can be solved using the
theory of Green’s function [Hon95], which is given by
G(z − z0, t− t0) = 1√
4piκ(t− t0)
exp
{
− (z − z0)
2
4κ(t− t0)
}
(2.11)
Using this function, the solution is determined by
T (t, z) =
S0
ρc
1
(4piκt)3/2
exp
{
− z
2
4κt
}
(2.12)
It is possible to derive the spatial extent of heat transfer by the time-dependent thermal
penetration depth from this
ztherm(t) =
√
4κt (2.13)
The term “thermal penetration depth” originates from the argument of the exponential
function in equation 2.11. Thus, ztherm is the distance in which the temperature has
decreased to 1/e of its peak value. In water, heat diffuses by approximately 0.7 mm in 1
s. In cortical bone tissue, ztherm ≈ 0.9 mm for t = 1 s.
The thermal relaxation time is obtained by equating the optical penetration depth d as
defined by equation 2.7 to the thermal penetration depth ztherm, hence
τtherm =
d2
4κ
(2.14)
During thermal decomposition, τtherm becomes very important since it measures the
thermal susceptibility of the tissue. For laser pulse durations, τ < τtherm, i.e. for short
pulse lasers, heat does not even diffuse to the distance given by the optical penetration
depth d. Hence, thermal damage to non-decomposed tissue is negligible (see chapter
6). For τ > τtherm, i.e. for cw-mode lasers, heat can diffuse to a multiple of the optical
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penetration depth, i.e. thermal damage to tissue adjacent to the decomposed volume
occurs. In this case, the solution to the inhomogeneous heat conduction equation
2.10 cannot be given analytically, but must be derived numerically, for instance, by
using the finite difference method or recursion algorithms. Detailed simulations were
performed in [Wei84], [Rog93], [Ols98] and [Kli99]. According to equation 2.14, the
wavelength-dependence of d2 is transferred to τtherm. Figure 2.3 shows the thermal
relaxation times for water calculated from fig. 2.2 and equation 2.14. The shortest
relaxation time of approximately 1 µs occurs for the absorption peak at 3 µm. This value
is also referred to as the “1 µs rule” stating that lasers operating at a pulse duration
τ < 1µs should cause no thermal damage in the tissue. This applies for most types of
tissue apart from tissue with a low water content. Thus, cortical bone has to be regarded
differently (see section 4.3).
For cortical bone tissue, the thermal relaxation time can be estimated at 1.2 · 105 µs
[Cha90].
A high repetition rate of the laser pulses, however, can lead to an additional increase
in temperature if the rate of heat transport is less than the rate of heat generation.
This is an important aspect, especially for tissue with low thermal conductivity such as
cortical bone (λ = 0.3 Wm−1K−1).
Fig. 2.3: Thermal relaxation
times of water according to
[Nie96].
During in vivo experiments, a major part of heat convection in tissue is heat
transfer due to blood flow. In addition, during minimally invasive clinical laser appli-
cations, irrigation plays an important role with regard to heat convection. These two
effects may vary during treatment and are, therefore, difficult to describe. Only for
blood flow through capillaries, which can be estimated as nearly constant, can heat
convection be considered as an additional term in the heat conduction equation leading to
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T˙ = κ∆T +
S
ρc
+
vbρbcb
ρc
(Tb − T ) (2.15)
equation 2.15 is called the “bioheat-transfer-equation” (BHTE). The index b refers
to the blood with vb as the blood flow rate [s
−1]. In this approximation, it is assumed
that all capillaries have the same parameters. For larger vessels, however, the heat trans-
fer equation has to be solved separately for every sort of tissue (vessels, normal tissue)
considering the corresponding boundary conditions [Wym95].
2.2.3 Heat effects
The first mechanism by which tissue is thermally affected can be attributed to confor-
mational changes in the molecules. These effects, accompanied by bond destruction and
membrane alternations, are summarized in the term “hyperthermia” ranging from 42◦-
50◦C. If hyperthermia lasts for several minutes, a significant percentage of tissue will
undergo necrosis1 as described by the Arrhenius formalism [Nie96]. A measurable reduc-
tion in enzyme activity is observed beyond 50◦C, resulting in a reduced energy transfer
within the cell, immobility and a disturbance in the cell’s repair mechanisms. At 60◦C,
denaturation of proteins and collagen occurs, which leads to coagulation of tissue and
necrosis of cells (tissue paling). At even higher temperatures (>80◦C), membrane per-
meability is drastically increased, thereby destroying the otherwise maintained chemical
concentrations. At 100◦C, water molecules start to vaporize. The large vaporization heat
of water (2257 kJ/kg) is advantageous since the vapour generated carries away excess heat
and helps to prevent any further increase in the temperature in adjacent tissue. Due to
the large increase in volume, gas bubbles are formed inducing mechanical ruptures and
thermal decomposition of the tissue fragments (see section 5.5.1). If all of the water has
been vaporized the increase in temperature proceeds. In excess of 150◦C, carbonization
occurs, which can be seen by the blackening of the tissue and the escaping of smoke. How-
ever, the tissue may be cooled with water or gas to avoid carbonization, [Iva98][Sch92].
Beyond 300◦C, melting occurs depending on the target material (see chapter 4.3).
The exact temperature for the onset of cell necrosis is rather difficult to determine in
general. In addition, not only the temperature reached, but also the duration of this
temperature is essential for the induction of irreversible tissue damage (see fig. 2.4).
Of course, these values vary between the different sorts of tissues. According to Lund-
skog [Lun72] and Tillotson [Til89], irreversible necrosis of bone cells (osteocytes) can be
achieved with a temperature exceeding 50◦C over a period of at least 30 seconds.
Due to heat diffusion and other effects, no constant temperature profile is achievable
within the tissue sample. Thus, during laser treatment, several thermal effects coincide at
1Morphological changes that occur after the breakdown of cell functions (cell death). Depending on
localization and the extent of the necrosis, there might be healing (restitutio ad integrum), development
of a scar or a pseudocyst.
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Fig. 2.4: Critical tempera-
tures for the occurrence of cell
necrosis [Nie96].
different depths resulting in a temperature gradient as shown in fig. 2.5 for a collimated
laser beam.
Fig. 2.5: Location of different thermal ef-
fects inside biological tissue [Nie96].
2.2.4 Laser-induced interstitial thermotherapy (LITT)
The principle idea of LITT is to position an appropriate laser applicator inside the tissue
to be coagulated, e.g. a tumour, and achieve necrosis by heating the cells. The most
common lasers for LITT are either Nd:YAG lasers at 1064 nm or different types of diode
lasers at 800-920 nm since light penetrates deep into tissue at these wavelengths (see fig.
2.2). Typical parameters of the procedure are 1-5 W of cw laser power for a period of
several minutes. The spatial extent of the damage zone depends primarily on laser power,
laser exposure, geometry of the laser applicator, and thermal and optical tissue properties.
At the start of an LITT procedure, the catheter is placed inside the tumour with the as-
sistance of either ultrasound, computer tomography (CT) or magnetic resonance imaging
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(MRI).
The whole procedure can be performed either intra-operatively or percutaneously as done
in this work for the treatment of bone tumours (see chapter 7). If no online temperature
monitoring is provided, the treatment should be preceded by suitable irradiation planning
using input parameters like extent, topology and blood flow as well as optical and thermal
tissue parameters. Although computer simulations might lead to a result in agreement
with the initial tissue properties, during the process of coagulation, the optical proper-
ties of the tissue change leading to higher scattering, but nearly the same absorption.
Therefore, direct temperature monitoring is much more precise and allows the physician
to react and, if necessary stop the laser treatment immediately. Using new ultrafast MRI
sequences, online temperature monitoring becomes an important tool during LITT. The
minimally-invasive treatment of bone tumours described in chapter 7 is the first work that
uses online MRI temperature monitoring for LITT of bone tissue.
2.3 Plasma-induced interaction
If power densities on the tissue surface exceed 1011 W/cm2 (1014 W/cm2 in air), a
plasma, i.e. a highly ionized state, is induced. This phenomenon is also called optical
breakdown. It is accompanied by a sudden adiabatic rise in temperature to values of
up to a few 1000 K. Very clean and well-defined removal of tissue without evidence of
thermal or mechanical damage can be achieved by means of plasma-induced ablation if
the appropriate laser parameters are chosen.
The most important parameter of plasma-induced ablation is the local electric field
strength E. If it exceeds a certain threshold value, it forces the ionization of molecules
and atoms. Typical values are approximately 107 V/cm, which is comparable to the
average atomic or intramolecular Coulomb electric field. The initiation of plasma
generation can be twofold [Pul84]; with pulses in the nanosecond range, e.g. generated by
a Q-switched laser, the tissue initially heats up to more than 1000 K leading to thermal
ionization (thermionic emission) with high plasma temperatures often accompanied
by non-ionizing side effects. In mode-locked laser pulses, i.e. pulse durations in the
picosecond and femtosecond range, the high photon density allows coherent absorption of
several photons, which provides enough energy for ionization (multi-photon ionization).
In either case, a few so called “lucky” electrons absorb energy from the photon in the
presence of an atom and accelerate (inverse Bremsstrahlung2). The accelerated electrons
collide with other atoms and ionize them, thereby initiating an avalanche effect. Within
a few picoseconds, the plasma is formed leading to electron densities of typically 1021
cm−3.
From the mathematical model [Nie96] using Maxwell’s equations and equation 2.3, the
absorption coefficient αpl is a non-linear function of the free electron density
2In ordinary “Bremsstrahlung”, the opposite occurs, i.e. electrons are accelerated in the electro-
magnetic field of an atom thereby emitting radiation.
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αpl ∼ N2 (2.16)
The condition for plasma growth and sustainment is that losses - such as inelastic
collisions and free electron diffusion - do not quench the avalanche process. The critical
density Ncrit, at which a net amount of energy is not converted to plasma energy any
further, is reached when the plasma frequency becomes equal to the frequency of the
incident electro-magnetic wave
Ncrit =
0me
e2
ω2 (2.17)
For a laser in the near infrared (ω ' 3 × 1014 Hz), the electron density may, thus, reach
up to 1020 cm−3.
The temporal behaviour of the free electron density N(t) is described by
∂N
∂t
= [β − γN(t)]N(t)− δN(t) (2.18)
with the rate parameters β for avalanche ionization, γ for inelastic collision and δ for elec-
tron diffusion. A square root dependence of the threshold power density on pulse duration
was observed in several studies when using picosecond or nanosecond laser pulses [Koe92].
Numerical calculations and measurements from [Nie95][Lo¨s95] show a dependence of the
threshold power density on pulse duration
Eth ∼ τx (2.19)
with
x < 0.1 for τ <100fs
x = 0.4...0.6 for 4 ps< τ <8 µs
x > 0.8 for τ >300 µs
2.3.1 Photodisruption
New investigations have shown that, at higher pulse energies - and thus higher plasma
energies-, shock waves and other mechanical side effects such as cavitation, and jet forma-
tion become more significant and might even determine the global effect upon the tissue
[Ste89][Nie95][Juh94]. Due to the fact that tissue is split by mechanical forces, this inter-
action mechanism is called photodisruption and is distinguished from plasma-mediated
ablation.
The plasma volume determines the fraction of incident energy to be converted to shock
waves or cavitations. If the plasma volume is large - like in plasmas induced by picosecond
or femtosecond pulses - more energy is required for ionizing and vaporization of matter.
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Hence, this amount of energy can no longer contribute towards the generation of potential
shock waves or cavitations. Once the plasma has formed, it absorbs and scatters further
incident light thereby “shielding” underlying structures (plasma shielding).
2.3.1.1 Shock wave generation
Due to high kinetic energy, the plasma electrons are not confined to the focal volume of
the laser beam, but rather diffuse into the surrounding medium. When the inert ions
follow with a certain time delay, mass is moved which is the basic origin of shock wave
generation. This shock wave soon separates from the boundary of the plasma. It initially
moves at hypersonic speed and eventually slows down to the speed of sound. The initial
pressure at the boundary of the laser plasma thereby reaches several kbar. It was observed
by Vogel et al. [Vog94] that the shorter the pulse, the smaller the width of shock waves
and thus, the size of cavitation bubbles. This is extremely important for applications of
plasma-mediated laser tissue ablation where a smooth surface is essential for the treatment
to be sucessful, e.g. LASIK (laser in situ keratomileusis) [Hei00].
2.3.1.2 Cavitation
Cavitation is an effect that occurs when focusing the laser beam not on the surface of a
tissue, but into it. The focal volume is vaporized by means of high plasma temperatures.
Therefore, cavitation bubbles consist mainly of water vapour and carbon oxides. Within
less than a millisecond, the bubble implodes again as a result of the outer static pressure,
compressing the content again and leading to a rebound of the bubble. A second transient
is emitted and the whole sequence may repeat a few times until all of the energy is
dissipated and all gases are absorbed by surrounding tissue [Lau72]. As cavitation bubbles
may be up to a few millimetres in diameter, macroscopic photodisruptive effects inside
originate primarily from the combined action of cavitation and jet formation.
2.3.1.3 Jet formation
When cavitation bubbles expand in the vicinity of a solid boundary, a high-speed liquid
jet directed towards the wall is produced. If the bubble is in direct contact with the
solid boundary during its collapses, the jet can cause a high-impact pressure against the
wall. Thus, bubbles attached to solids have the largest damage potential. When the
bubble collapse due to external pressure, the surrounding fluid is accelerated towards the
centre of the bubble. The damaging effect is enhanced if gas bubbles remaining from an
earlier pulse are hit by acoustic transients generated by subsequent pulses. Therefore,
ultrashort pulse lasers which generate smaller cavitation bubbles can be operated at
higher repetition rates compared to Q-switched laser systems.
These four effects - plasma formation, shock wave generation, cavitation and jet for-
mation - all take place on a different timescale. This is schematically illustrated in fig.
2.6. Plasma formation begins during the laser pulse and lasts for a few nanoseconds. This
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Fig. 2.6: Approximate time scale for all
processes contributing to photodisruption.
Assumed is a 30 ps laser pulse. The first
and second occurrence of shock wave, cav-
itation and jet formation are indicated.
[Nie96]
is the time needed by the free electrons to diffuse into the surrounding medium. Shock
wave generation is associated with the expansion of the plasma and, thus, already starts
during plasma formation. However, the shock wave then propagates into adjacent tissue
and leaves the focal volume. Approximately 30-50 ns later, it has slowed down to an or-
dinary acoustic wave. Cavitation, finally, is a macroscopic effect starting roughly 50-150
ns after the laser pulse. The time delay is caused by the material during the process of
vaporization. Usually, the cavitation bubble performs several oscillations of expansion
and collapses within a period of a few hundred milliseconds. Since the pressure inside the
bubble increases during collapse, each rebound of the cavitation bubble is accompanied
by another shock wave.
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Chapter 3
Interventional magnetic resonance
imaging (IMRI)
Today, magnetic resonance imaging (MRI) is one of the most important tools in clinical
diagnostics. It allows non-invasive investigation of anatomical structures with a very high
spatial resolution and excellent soft tissue contrast. Images of any orientation within
the whole body can be acquired. New fast imaging techniques and the improvement of
contrast medium have given way to a vast range of new MRI applications such as MR
angiography [Boc00], investigation of brain function and perfusion, MR urography [Sch93]
as well as MR pulmonary imaging [Bac96].
During the last few years the use of new compact superconducting coils and the progress
in high frequency technology have allowed clinical operations under online MRI control,
on either open MRI scanners with two magnets facing each other aligned in a c-shaped
set-up or so-called “doughnut” systems where the scanner consists of a pair of separate
coils similar to a Helmholtz-coils set-up. Both systems allow the physician to access to
most parts of the body.
The main advantage compared with conventional techniques using x-ray or ultrasound is
the absence of ionizing radiation and the excellent image resolution. Nevertheless, IMRI
is still rather costly compared with other operation techniques due to the fact that all
surgical instruments must be non-ferromagnetic.
In this chapter the fundamentals of magnetic resonance imaging and its application for
fast, i.e. online temperature monitoring are described. Detailed quantum-mechanical
and technical descriptions can be found in [Abr61], [Kre88], [Sli89], [Lis90], [Rei90] and
[Mor95]. Details of MR thermometry are described in [Haa86], [Haa90], [Ste95] and
[Boh99].
3.1 Fundamentals of nuclear magnetic resonance
(NMR)
In medical applications of NMR, the focus is put on protons, mostly from free water
molecules, which make up over 55% of the volume of the human body. Liquid water
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molecules are characterized by their stochastic rotational and translational movements.
The coupling of nuclear spins is relatively weak compared to the coupling to external
fields. Thus, in a first approximation, the proton can be considered as a separatet system
coupled to an external heat bath. Atomic nuclei with an odd number of nucleons possess
an angular momentum h¯~I, the nuclear spin. It is linked to the magnetic dipole momentum
~µ according to
~µ = γh¯~I (3.1)
were γ is the gyromagnetic ratio (for the proton γ/2pi = 42.577 MHz/T).
The hamiltonian for a particle in a magnetic field ~Bz parallel to the z-axis is given by
〈H〉 = −~µ ~Bz = −γh¯BzIz. (3.2)
Due to the high number of particles (6.7· 1019/mm3), their behaviour can be described
using Boltzmann-statistics
Nm−1/Nm = exp{−γh¯Bz/kBT} (3.3)
with kB being the Boltzmann-constant (kB = 1.38 · 10−23J/K). The system energy for
spins parallel to the static field Bz is somewhat smaller than those for the spins anti-
parallel to Bz, leading to a surplus of protons (≈ 1 · 10−3) that contribute to the NMR
signal. This number seems very small, but due to the vast number of water molecules
(3.3·1019/mm3), the signal is detectable. However, tissue with a low water content like
cortical bone is nearly “non-visible” to MRI (see section 4.3).
At room temperature, the Zeemann energy Em = −γ · h¯ · Bz is much smaller than the
thermal energy kBT , thus eq. 3.3 can be written as linear equation. According to equation
3.1 this results in a macroscopic magnetic dipole momentum (equilibrium magnetization)
M0 =
Nγ2h¯2Bz
4k
1
T
(3.4)
with N = number of spins. This corresponds to Curie’s law, with the magnetization being
proportional to 1/T .
During the NMR experiment, an additional alternating magnetic field ~B1(t), perpendic-
ular to ~Bz, is applied. This results in an angular momentum ~m × ~B to the probe, with
~B = ~Bz + ~B1(t). According to the conservation law of angular momentum, this leads to
a temporal change in angular momentum d ~M(t)/dt = ~ω × ~M(t) = γ ~M(t)× ~B(t) leading
to the fundamental relation
ωL = γBz (3.5)
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where ωL is called the Lamor frequency. Thus, in the case of a resonant irradiation of the
circular polarized ~B1(t) over a time tRF , the magnetization is flipped by an angle
α = γB1(t)tRF (0
◦ < α ≤ 180◦) (3.6)
following a precession with ωL around the static field Bz (similar to precessing children
top in the earth’s gravitational field).
3.1.1 Relaxation processes
After the RF pulse, the magnetization relaxes due to the interactions of the spins with the
static field until the magnetic momentum is parallel to Bz (see fig.3.1). This relaxation
is called spin-lattice relaxation. Due to the interaction of the spins, the magnetization
perpendicular to Bz also shows a relaxation called the spin-spin relaxation.
Fig. 3.1: Movement of nuclear magnetic mo-
mentum ~M in the static magnetic field ~Bz and
the circular polarized RF field ~B1(t). [Mor95]
According to Bloch [Blo46], these two processes can be written as
dMz
dt
= γ( ~M × ~B)z + (M0 −Mz)
T1
(3.7)
dMx,y
dt
= γ( ~M × ~B)x,y − Mx,y
T2
(3.8)
leading to
Mz = M0(1− exp{−t/T1})M⊥ = M0(1− exp{−iωLt− t/T2}) (3.9)
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with M⊥ = Mx + iMy and the tissue-dependent time constants T1 and T2 respectively1.
In biological tissue, however, protons are not only bound to water molecules, but also to
proteins and other macromolecules, resulting in a shorter relaxation time T1 (see section
4.1). Relaxation times vary strongly between different sorts of tissues leading to an
excellent tissue contrast in MR images.
3.2 Magnetic resonance imaging (MRI)
During MRI, the patient or tissue sample is placed in the centre of the static field coil.
In order to be able to assign the MR signal to a selected volume element (voxel), three
gradient fields ~Bx, ~By and ~Bz are superimposed on the static field.
3.2.1 Spatial coding
Fig. 3.2: Selective excitation of a small layer
within a cylindrical object. The spectrum of the
RF pulse determines the location and thickness
of the layer. [Mor95]
With a field gradient in z-direction ∆Bz = Gz ·∆z, the Lamor frequency becomes z
dependent (see fig.3.2). Thus, with ω(z) = γ(Bz +Gz · z), an RF pulse (sinc-pulse) with
a bandwidth ∆ω excites spins only in a layer
∆z =
∆ω
γGz
(3.10)
To compensate the phase shift from the different ωL along Gz, a refocusing gradient is
applied.
3.2.2 Phase and frequency coding
To assign the signal from the spins in x direction, a field gradient Gx is switched for a
short time tp. During this time, the spins precess with different frequencies depending on
their x-position Φ(x, tp) = γ ·Gx · x · tp. After the gradient field has been switched off, all
1Due to inhomogeneities ∆Bz of the static field, the actual relaxation time T2 has to be replaced by
T ∗2 = T2/(1 + T2γ∆Bz)
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spins have the same frequency, but different phases php = exp{i · γ · Gx · x · tp} (see fig.
3.3).
Fig. 3.3: Model of spin orientation after
phase coding. [Boh99]
Fig. 3.4: Model of spin orientation after fre-
quency coding. [Boh99]
After phase coding, the data acquisition of the induction signal is started. During data
acquisition, a gradient Gy is switched in y-direction. Thus, the spins precess with different
Lamor frequencies, depending on their y-position. Data acquisition is carried out with
a rate of 1/∆t leading to a phase difference after a time m∆t: phf = exp{iγ[Gyym∆t]}
(see fig. 3.4).
3.2.3 Image reconstruction
A local coil is used for the acquisition of the MR signal placed close to the structures under
investigation (e.g. head coil, spine coil). After data acquisition, image reconstruction is
performed using a two-dimensional fast Fourier transform (FFT). Thus, data from the
frequency domain is transformed into grey-scale images. Two pulse sequences are used
for clinical MRI. For T2-weighted images, a spin-echo sequence is used. It consists of a
90◦ pulse followed by a time TE/2 during which the transversal magnetization decreases
due to spin-spin interaction (see section 3.1.1). Then a 180◦ pulse is applied along the
x-direction resulting in a reflection of the magnetization related to the x-z-plane (rotating
system). The spins are inverted thereby, but their sense of rotation is conserved in such
a way that they are all in phase again after another TE/2, leading to the so called “spin-
echo” (see fig.3.5). The total acquisition time is given by tacq = TR ·Nph ·Nacq, where TR
is the time between two acquisitions, Nph is the number of phase coding steps, i.e. the
image resolution, and Nacq is the number of acquisitions. This leads to acquisition times
of several minutes for a diagnostic MR image.
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Fig. 3.5: Typical spin-echo sequence (see
text for details).
3.3 Real-time MRI temperature control
Spin-echo sequences are unsuitable for fast temperature control with update rates of one or
two seconds due to their long acquisition time. Therefore another, faster pulse sequence
has to be used, the gradient-echo sequence. During data acquisition, the signal drops
rapidly, hence, before data acquisition is started (after the initial 90◦ RF pulse, and phase
and frequency coding), an inverse frequency coding gradient is switched over half the
acquisition time and then, with reverse polarity, switched again, in such a way that the
signal reaches its maximum in the middle of the acquisition (gradient-echo). In addition,
with short initial RF pulses, i.e. small flip angles, fast low angle shot (FLASH) sequences
can be performed. The pulse sequence for a FLASH image is shown in figure 3.6. With
short repetition times, TR (TurboFLASH) and the latest ultrafast gradient systems, data
acquisition and, thus, update times can be reduced to a few milliseconds.
3.3.1 T1-method
After saturation with a 90◦ pulse, the T1 time recovers during a variable time period Trec
followed by a FLASH sequence with small flip angles (10-15◦) and is, therefore, called
saturation-recovery TurboFLASH (SRTF) [Haa90]. At an initial temperature T0, the
magnetization is then given by [Boh99]
S(T0) = S∞(T0)[1− exp{−Trec/T1(T0)}] (3.11)
S∞(T0)2 contains the steady-state magnetization, which is, according to Curie’s law (eq.
2The index ∞ expresses that, after a sufficiently long period of time, the longitudinal magnetization
has reached its initial value → steady-state magnetization.
3.3. REAL-TIME MRI TEMPERATURE CONTROL 25
Fig. 3.6: FLASH sequence. (1) is the spatial se-
lection gradient, (2) represents the phase coding
gradient, (3) shows the gradient for frequency
coding and echo generation (see text). (4) is a
spoiler gradient to destroy transversal magne-
tization. This sequence is repeated Nph times
with different phase coding gradients. [Boh99]
3.4) proportional to 1/T, leading to
S∞(T0 + ∆T ) =
S∞(T0)
1 + (∆T/T0)
(3.12)
Assuming a linear dependence of T1 with temperature T1(T0 + ∆T ) = T1(T0) +m∆T , the
signal intensity is then given by
S(T0 + ∆T ) = S∞(T0) · 1
1 + ∆T/T0︸ ︷︷ ︸
I
· 1− exp{−Trec/(T1(T0) +m∆T )}
1− exp{−Trec/T1(T0)}︸ ︷︷ ︸
II
(3.13)
Expression I shows the temperature dependence of the equilibrium magnetization. Tem-
perature dependence of the relaxation time is given by expression II. A recovery time Trec
is chosen, thereby, leading to a maximum temperature sensitivity. The tissue-dependent
parameters from equation T1(T0) and m = dT1/dT0 have to be calculated from calibration
measurements. Several SRTF sequences with different Trec have to be acquired for every
type of tissue . Fitting Trec against the signal amplitude according to eq. 3.11 using a
least-square algorithm [Mar63] leads to a mean value of T1. Repeated at different tem-
peratures, one gets the parameters T1(T0) and m = dT1/dT0 and, thus, a value for T1(T ).
Fast data acquisition is essential for online temperature monitoring. Before the measure-
ment is started, a temperature table is calculated from a reference image using equation
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3.13. The actual temperature map is then calculated online with update times of 2-3
seconds. A quasi real-time temperature monitoring can be achieved thereby.
3.3.2 Proton resonance frequency (PRF) or chemical shift
The term chemical shift is used to describe the influence of the molecular environment
on local magnetic field Bloc at the location of the nucleus. The local field Bloc can be
described as
Bloc(T ) = (1− σ(T ))Bz (3.14)
where σ(T ) is the screening constant of the molecule [Ber98]. The proton resonance
frequency is linearly dependent on temperature with a sensitivity of approximately 0.01
ppm/◦C [Jak97][Mul97][Mac96]. The PRF changes can be determined by a phase image of
a spoiled gradient-echo sequence. For the calculation of local temperature changes ∆T(r),
this approach determines the local phase difference ∆φ(r) between a reference scan and the
actual scan. The thermally-induced phase difference is proportional to the temperature
difference, the magnetic field strength Bz and the echo time TE. The temperature-related
dependence of the phase difference ∆φ(r) is then given by
∆φ(r) = γ · TE · α ·∆T (r) ·Bz (3.15)
where γ is the gyromagnetic ratio of the proton and α the proportionality constant of the
linear temperature dependence of the screening constant σ [Poo95]. Thus, at 1.5 T, an
echo time of 20 ms results in a phase change of ≈ 4.6 ppm/◦C. However, these changes
are relatively small and the method puts high demands on the temporal stability of the
external magnetic field.
3.3.3 Diffusion method
A third method to determine thermal changes during MRI is the temperature depen-
dence of molecular diffusion due to Brownian motion. Diffusion induces an amplitude
attenuation of the MR signal caused by a loss of phase coherence among precessing spins
that move randomly along the direction of the gradient. This amplitude attenuation A
depends only on the diffusion coefficient D and the gradient, so that A = exp{−b · D},
where b is a factor that can be calculated from gradient characteristics (strength and
duration)[Bih89]. Molecule diffusion mapping is based on two MR images differently sen-
sitized to diffusion by the presence of specially designed gradient pulses. Under these
conditions, the diffusion image Dx,y is derived from the relation
Dx,y =
log(A1x,y/A0x,y)
b0 − b1 (3.16)
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where b0 and b1 are the calculated gradient factors of both images and A1/A0 is the
amplitude attenuation ratio in each pixel. A map of temperature changes (T −T0)x,y can,
thus, be obtained from two diffusion images Dx,y and D0x,y, one acquired at the reference
temperature T0(D0x,y) and one obtained at a different temperature T (Dx,y) such that
(T − T0)x,y = (kT 20 /Ea) · [(D −D0)/D0]x,y (3.17)
assuming small temperature variations (T − T0  T0) and that Ea (activation energy for
translational molecular diffusion) is approximately constant.
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Chapter 4
Bone tissue
Throughout this work laser-tissue interaction is concentrated on bone tissue. This chapter
gives an overview of the anatomical and physiological structure of bone and its physical
properties. Detailed information about the development and growth of bone tissue is
given in [Ker98] [Sch99] [Ben93].
Further information about optical and thermal properties can be found in [Duc90] [Lun72]
[Mil52].
4.1 Fundamentals of bone structure
Bone is superbly engineered to provide great strength yet minimal weight, protection,
locomotion (with muscles) and it acts as a repository for hemopoietic1 tissues and as
storage facility for calcium and phosphorus. Bone is a dynamic, living tissue that is
constantly turning over - i.e. older bone is resorbed but is continuously replaced by
deposition of new bone [Ker98].
As an organ, bone consists of bone tissue (mineralized connective tissue), cartilage, bone
marrow and fat. Macroscopically, two types of bone can be distinguished. Cortical bone
(also known as compact or dense bone) is hard and represents about 80% of skeletal
weight. The inner cancellous bone (also known as spongy or trabecular bone) forms
a honeycomb-type network enclosing cavities filled with bone marrow. It resembles a
scaffold with a large surface area, the orientation of trabeculae relating to mechanical
loads placed upon the bone (see fig. 4.1).
Bone is about 90% extracellular matrix and 10% water by weight. The matrix is
60-70% inorganic mineral2. The organic component of the matrix is of type I collagen.
1blood forming
2predominantly microcrystalline calcium phosphate, which is similar to hydroxyapatite
(Ca[Ca3(PO4)2]3OH2), with traces of sodium, magnesium, fluoride and other ions
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4.2 Development and growth of bone
Bone can normally be formed only by deposition on a suitable, pre-existing, naturally
occuring matrix (e.g. bone matrix or calcified cartilage) or solid surface (e.g. prothesis)
that is in close proximity to a blood supply.
Fig. 4.1: Section through a
dried thigh bone (femur) showing
its internal macroscopic architec-
ture. Two types of bone are
noted: compact (cortical) and
cancellous (spongeous or trabec-
ular) bone. The enlarged re-
gion shows the typical structure
of the cortical bone with osteons
(O), overlapped by more recently
formed, i.e. newer osteons (N).
Interstitial lamellae (I) lie be-
tween the osteons. The exter-
nal surface, covered by perios-
teum (P), transmits blood vessels
to the Harvesian canals (HC),
which connect with adjacent os-
teons via the Volkmann’s canals
(VC). The endosteal surfaces (to-
wards bone marrow) face the tra-
beculae (T) of cancellous bone.
Concentric lamellae in each os-
teon (1,2,3,4,) contain collagen
fibres oriented perpendicular to
each other. [Ker98]
These two criteria place limitations on the shape and size of developing bone, i.e. newly
formed bone is deposited in layers with a variety of shapes (flat, curved, undulating)
and mineralization sites must be within 200 µm of a capillary to receive nutrients via
diffusion. Skull, facial and clavicular bones form by intramembranous ossification in
areas of mesenchyme. The axial and appendicular skeleton, especially the long bones,
forms by enchondral ossification in areas of cartilage.
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4.2.1 Enchondral ossification
Bones of the fetal skeleton and developing limbs require growth in length and diameter
and, in order to achieve this, cartilage is formed as an intermediary tissue between the
initial appearance of mesenchyme3 and the formation of bone.
Growth of the ribs, long bones and vertebrae is achieved by forming a miniature but
enlarging cartilage model, which is gradually replaced by bone normally in a precise
manner. In the centre the oldest cells hypertrophy and degenerate and their surrounding
cartilage matrix becomes calcified by formation of mineral deposits. This represents the
future site where bone deposition takes place.
Fig. 4.2: Enchondral development, show-
ing how the epiphysis (E) constains can-
cellous bone with branching trabeculae
containing darkly staining cores of calci-
fied cartilage. Below the growth plate
(GP), spicules of darkly stained calcified
cartilage are covered by newly deposited
woven bone, the latter laid down by os-
teoblasts derived from blood vessels cours-
ing through the metaphysis (M). [Ker98]
Newly formed central cancellous woven bone is partly resorbed, leaving a medullary
cavity for hemopoietic tissue. The shaft of diaphysis of the model is gradually replaced by
bone and marrow, but the two ends, still made entirely of cartilage, become the epiphysis.
Where the bone of the shaft meets a region of epiphyseal cartilage, a special zone of hyaline
cartilage is formed. This is recognized as the epiphyseal growth plate.
4.2.2 Epiphyseal growth plate
In the growth plate, chondrocytes align into columns and represent the functional units of
longitudinal bone growth. The extensions of calcified cartilage provide a suitable surface
for bone to be deposited on [Pas96].
Epiphyseal growth plates allow the epiphysis to be pushed apart without being re-
placed by new bone. The continuous production of cartilage tissue (at the epiphyseal
side) and its elimination (at the metaphyseal side) maintains the depth of the growth
plate and causes a shift of the epiphysis away from the bone centre, the diaphysis be-
ing fixed. The only tissue surviving from the migrating growth plate is the mineralized
3Mesenchymal cells are stem cells (pluripotent cells) which are capable of division and development
into more specialized cells.
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calcified matrix, which forms longitudinal septa upon which osteoid is deposited by os-
teoblasts. When chondrocytes stop dividing, the growth plate is converted into bone and
in adult bones it may be visible on radiographs as an indistinct line in the region of the
previous growth plate.
Fig. 4.3: Zones of epiphyseal
growth plate. Sequences of
events with time (1-5) repre-
senting the migration of the
columns of chondrocytes away
from the metaphysis and cen-
tral region of a long bone.
[Ker98]
As condrocytes hypertrophy, the interterritorial matrix begins to calcify, becoming
mineralized toward the ossification zone. The invading metaphyseal capillaries are associ-
ated with pluripotent perivascular mesenchymal cells, which differentiate into osteolasts.
These cells lay down new bone (osteoid) on the calcified cartillage via apatite crystals
within special vesicles, although direct focal calcification of the collagen component of
the matrix is also a possible contributor. Only about one-third of calcified septa serve as
platforms for bone deposition, the rest are resorbed by chondrocytes associated with the
capillaries [Hor93].
Fig. 4.4: Illustration of intra-
vertebral venous system. (1) discus
intervertebralis, (2) capillary bed
in articular cartilage, (3) subchon-
dral, postcapillary net, (4) verte-
bral epiphysis with vertical vein, (5)
horizontal subarticulary collecting
vein, (6) basivertebral vein, (7) an-
terior part of vertebral vein plexus.
[Cro73]
Fig. 4.4 shows the collecting veins in the region of the epiphyseal plate and the centre
of the vertebral bodies which run horizontally from the anterior side to the dorsal vertebral
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Fig. 4.5: Absorption spectrum of tribasic Calcium phosphate (Ca3(PO4)2) which represents
80% of bone mineral.[Mil52]
veins.
4.3 Physical properties of bone tissue
Knowledge of physical properties of bone tissue such as thermal conductivity, heat ca-
pacity, density and absorption coefficient is essential for the calculation of laser-tissue
interaction (see section 2.2). For online MRI temperature monitoring T1 and T2 relax-
ation times are important. Although bone tissue does not have a homogeneous structure
(see section 4.1), physical properties can be determined as a mean value for macroscopi-
cally distinguishable components of compact (cortical) bone and spongeous (trabecular)
bone. There are, however, some differences between in vitro and in vivo experiments.
The water content of the tissue is the most important parameter for thermal laser-tissue
interaction especially in the infrared spectrum. The higher the water content the stronger
the energy absorption, as can be seen from experiments with the Ho:YAG laser (λ = 2.12
µm (see fig. 2.2)). Cartilage tissue has a high water content of approximately 55-85%
and therefore strongly absorbs Ho:YAG laser light. This allows for an effective ablation
of cartilage tissue as described in chapter 5.
In contrast, cortical bone contains only 10-15% of water. Thus, fast and efficient
laser ablation of bone tissue can only be achieved with lasers operating at wavelengths
which correspond to the absorption peaks of bone tissue. The absorption coefficient µα
of pure hydroxyapatite at wavelengths of the CO2 laser (λ = 9.6 µm and 10.6 µm) ranges
from 3500 to 5500 cm−1 [Nyq71]. Since the organic matrix of hydroxyapatite consists
mainly of tribasic Calcium Phosphate (Ca3(PO4)2)[New77] the absorption coefficient for
the Ho:YAG laser (λ = 2.12 µm) can be determined to be µα ≈ 500 cm−1, corresponding
to the absorption spectrum shown in fig. 4.5. The absorption coefficient is about 7 times
higher than that for H2O. Thus, bone matrix absorbs most of the laser energy and may
become very hot (Tmelt = 1280
◦C). Using known thermal and optical constants [Duc90],
thermal relaxation time τ of cortical bone for a wavelength of 2.12 µm can be estimated
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cortical bone trabecular bone cartilage water
µa [cm
−1] ≈ 500 1200 see fig. 2.2
(λ = 2.120 µm) (λ = 1.06µm)
see fig. 4.5
λ [Wm−1K−1] 0.2 - 0.3 0.3 - 0.4 0.6 0.7
c [Jg−1K−1] 1.2 - 1.3 1.2 - 2.4 3.5 - 3.8 4.18
ρ [gcm−3] 2 1.1 1.1 1
χ [m2s−1] 0.8 × 10−7 1.2 × 10−7 1.5 × 10−7 1.7 × 10−7
τ [µs] ≈ 400 - 800 µs see fig. 2.3
(λ = 2.12 µm)
Table 4.1: Comparison of optical and thermal parameters for cortical and trabecular bone,
cartilage and water.
to be ≈ 1.2 ms.
Table 4.1 gives an overview of the optical and thermal parameters of cortical and trabec-
ular bone, cartilage and water.
Chapter 5
Minimally-invasive laser treatment
of spinal deformities
The main emphasis of this work was put on the development of a completely new laser-
induced operation technique for the minimally-invasive treatment of spinal deformities in
young patients (idiopathic scoliosis1). This study was carried out in cooperation between
the University of Heidelberg’s Kirchhoff-Institute of Physics and it’s orthopaedic clinic.
The method is based on minimally-invasive endoscopic laser treatment under an anterior
(thoracoscopic) surgical approach.
This chapter describes the complete development from a preliminary evaluation of
different laser systems (see section 5.3) to a first application on animals (foxhounds). The
aim of the initial evaluation was to find a suitable laser meeting all of the requirements
for effective clinical treatment with maximum safety for the patient.
In contrast to the conservative surgical scoliosis treatment used at present [Har62],
[Alv77], [Lon95], [Zie76], the new operation technique can be performed using modern
minimally-invasive endoscopic surgery in combination with laser light and is thought to
benefit both the surgeon as it is a straightforward operation technique and the patient as
at causes less pain and produces excellent cosmetic results, thus leading to faster
mobilization and briefer hospitalization.
5.1 Idiopathic scoliosis
In contrast to the normal physiological curvature of the spine, scoliosis represents the
severe lateral curvature that is often accompanied by a rotational component.
Most people have small deviations of the spine that are without any consequences for
their health or well-being. The severe deformities of scoliotic spines, however, do not only
affect the patients’ appearance, but also have a major impact on their life expectancy.
1The term “scoliosis” was first used by Galen (AD 131-201) in “De moto maerculorum”, although
spinal deformity had been described previously by Hippocrates 470 BC
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Fig. 5.1: X-ray image of a 7-year-old patient with juvenile idiopathic scoliosis [Lon95].
Most scoliosis are left-sided in the region of the thoracic spine and, thus, the vital functions
of the heart and the lung are heavily affected. Since the thorax is reduced in volume on
the concave side of the curvature, the heart may be compressed and the lung has no
sufficient space to fully inflate (see fig.5.1).
Idiopathic scoliosis is the most common of all forms of lateral deviation of the spine which
occurs during the growing years [Lon95]. These deformities are thought to result mainly
from malfunctions in vertebral growth (see section 4.2.1), since curves progress rapidly
during the adolescent growth spurt, which occurs at age 12 years in girls and a year or
two later in boys.
5.1.1 Vertebral and spinal growth
Spinal growth does not proceed in a uniform linear pattern. There are two periods of rapid
growth : the first is from birth to age 3 and the second takes place at the adolescent growth
spurt. The point of maximum growth velocity occurs at a mean age of 14 years. The
main growth thereby comes from the cartilage of the epiphyseal plates of each vertebra
(see fig. 4.2.2).
5.1.2 Evolution of scoliosis treatment
Hippocrates (460 BC) was the first to write extensively on spinal deformity and described
different forms and types. He noted that the severity of the deformity was related to the
age at which it appeared. He also invented the first treatment by applying a mechanical
tension alongside the body axis as shown in fig. 5.3
Today, most surgical treatment of spinal deformities centres on invasive mechanical
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Fig. 5.2: Coronal cut with
cryomicrotome showing the
vertebral body, the interver-
tebral disc, the epiphysis and
the spinal cord. The growth
results mainly from the thin
cartilage of the epiphyseal
growth plate.
Fig. 5.3: The machine invented by Hippocrates. It was used in a like manner for torso
distraction.[Lon95]
techniques with long operation times and major effects on the patient’s mobility. In most
cases, a posterior (dorsal) approach is chosen to achieve a solid arthrodesis by the insertion
of rods in the vertebral bodies. These rods are then fixed with bolts along the spine in
order to apply a mechanical force to the vertebral bodies and, thus, to straighten the
spine (see fig. 5.4).
5.2 Laser hemiepiphysiodesis on the spine
It is known that an early partial ablation of the epiphyseal growth
plate (hemiepiphysiodesis) over several vertebrae can cause scoliotic growth
[Bis40],[Can79],[Haa39],[Pac39],[Roa60]. Furthermore, in 1924 Wittek first showed
on young scoliotic patients with sufficient growth potential that a hemiepiphysiodesis on
the convex side of the curvature over several vertebrae resulted in a straightening of the
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Fig. 5.4: Posterior treat-
ment of spinal deformities us-
ing rods and bolts that are
fixed in the vertebral bodies
to apply a mechanical force to
the spine.[Lon95]
spine [Wit24].
In contrast to Wittek, who used mechanical instruments (chisel) to remove the epiphyseal
growth plate in open surgery, our new method is based on minimally-invasive, precise
laser ablation. Therefore, the aim of this work is to show that our treatment model
is capable of inducing a change in spinal growth, i.e. of producing a scoliosis. Hence,
if laser hemiepiphysiodesis on the spine is capable of inducing such a scoliotic growth,
the opposite, i.e. laser ablation on the convex side over several vertebrae in young
patients with sufficient growth potential, should result in a straightening of the spine.
It is assumed that only the complete destruction of the growth plate is sufficient to affect
spinal growth. Therefore, a simple coagulation (see section 2.2.3) of the tissue, as done
during laser-induced interstitial thermotherapy (LITT), is considered to be insufficient.
In addition, laser ablation has to be precise due to the fact that the epiphyseal growth
plate is very small (see fig. 5.2), and thermal damage to adjacent structures has to be
minimized since the intervertebral disc is separated from the growth plate only by a
small layer of cortical bone (epiphysis). In particular, the heat exposure to the spinal
cord must not exceed 42◦C.
5.3 Evaluation of four different laser systems
In order to evaluate which laser best meets these requirements, i.e. precise, efficient, fast
and safe removal of the epiphyseal growth plate, a first study involved a comparison of
four different laser systems including an argon ion, two Nd:YAG (Q-switched and cw)
and a Ho:YAG laser with respect to thermal damage to adjacent structures, especially
the nerve roots, the vessels, the disc and the spinal canal, ablation rates, efficiency
and laser handling.
This evaluation is part of my diploma thesis and is described in detail in [Rum98]. Only
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those results that are relevant to the in vivo measurements will be mentioned in this
section. Table 5.1 gives an overview of the laser parameters.
5.3.1 Materials and methods
The first laser system examined was an argon-ion laser (Innova 300, Coherent, USA)
driven in the cw-mode (λ =514 nm) at an average power between 1 and 2 W. A BK7
lens (f=125 mm) was used to focus the laser beam down to a spot diameter of 30 µm,
which allowed for easy adjustment and, thus, a precise tissue ablation. The average
power density reached 3×105W/cm2.
Laser system Wavelength Power density Energy Pulse duration
Nd:YAG 1064 nm 4 mJ, 1 kHz 12-14 ns
Nd:YAG (2) 532 nm 2 mJ, 1 kHz 12-14 ns
Nd:YAG (3) 355 nm 1 mJ, 1 kHz 12-14 ns
Ar+ 514 nm 1.5 W cw
Nd:YAG 1064 nm 20 W cw
Ho:YAG 2120 nm 800 mJ 250 µs
Table 5.1: Overview of the parameters of the four lasers evaluated.
The second laser was a compact diode-pumped Nd:YAG laser system at 1064 nm
(Starline, Lambda Physik, Germany). It was driven in the Q-switch mode with repetition
rates up to 1 kHz and pulse durations of 10 ns. Through this non-linear lithium borate
(LBO) crystals, the system could also generate the second harmonic at 532 nm and
the third harmonic at 355 nm. As with the argon-ion laser set-up, the beam was first
widened and then focused onto the tissue surface. The beam waist in the focal plane
was measured to be 100 µm at 1064 nm with a pulse energy of 4 mJ leading to a power
density of up to 5.1×109 W/cm2. At 532 nm, the focal beam width reached 180 µm
with a mean pulse energy of 2 mJ and, at 355 nm the spot size decreased to 70 µm with
pulse energies of 1 mJ leading to power densities of 7.8×108 W/cm2 and 2.5×109 W/cm2
respectively.
The power density of 2.5×109 W/cm2 in combination with laser light in the UV range
led to photoablation [Nie96] [Bou86] in which molecular bindings are broken by single
photons (see fig. 5.6).
The other two laser systems in the study were a cw Nd:YAG laser at 1064 nm (Medilas
4060N, Dornier, Germany) and a pulsed Ho:YAG laser at 2120 nm (Medilas H, Dornier,
Germany). In contrast to the set-up described above, the laser light was transferred
through a plastic-clad silica optical fibre with a core diameter of 800 µm for the Nd:YAG
laser and 600 µm for the Ho:YAG laser. The Nd:YAG laser had a maximum power of
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20 W and, therefore, reached a power density of 4×104 W/cm2, whilst the Ho:YAG laser
was run in the pulse mode with a pulse duration of 250 µs and a pulse energy of 800 mJ
at 8 Hz leading to a power density of 1.1×106 W/cm2.
Fig. 5.5: Set-up of experiments with the Q-switched Nd:YAG and argon-ion laser (left) and the
cw Nd:YAG and Ho:YAG laser (right).
5.3.2 In vitro investigations
The spines of three- to four-month-old lambs were used for in vitro investigation. Lambs’
spines were chosen because their anatomical structures are similar to those of the target
group of young patients. Preparation was done by cutting off the spinal muscles, the
aorta and fat tissue in order to expose the vertebrae, the disc and the epiphyseal growth
plate. Before laser treatment was performed, the size of each vertebra was determined
using MRI (1 Tesla Gyroscan, Philips, The Netherlands). The turbo spin-echo sequence
(see section 3.2.3) turned out to be the most suitable for this purpose using the following
parameters: TR=3000 ms, TE=130 ms, TH=3 mm and FOV=210 mm.
The set-up for the experiments with the argon-ion and the Q-switched Nd:YAG lasers
is shown in the diagram side in fig. 5.5. The laser beam was first widened and then
focused onto the tissue surface in order to get a small focal spot. The spine was fixed in
a special mount that could be moved in the x-y plane by means of computer-controlled
stepping motors. During laser action, the sample was moved in a rectangular pattern
and the desired area was ablated in multiple sections. After each layer, the whole mount
was moved in the z-direction and the pattern was repeated until the calculated depth
had been reached.
In order to remove the debris and cool the tissue, additional irrigation with isotonic
saline solution was applied using a 5 ml injection every 30 seconds or more often if
intense carbonization occurred.
Small semiconductor probes were inserted into the disc, the vertebral body and the
spinal canal for temperature monitoring and to determine the thermal damage which the
laser might cause in the corresponding area. The data were digitally read by computer
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via an ADC.
The set-up for measurements using the Nd:YAG and Ho:YAG laser is shown in the
photograph in fig. 5.5. Here, the spine was placed on a germ-free table and the laser
was applied by moving the fibre tip over the tissue. It was established that the most
effective way of applying the energy was to insert the tip steadily into the tissue until the
desired depth was reached and then repeat the procedure along the growth plate until
all cartilage tissue has been removed. Again, the temperature probes were fixed in the
vertebrae, the disc and the spinal canal.
After laser treatment, the spine was examined using MR and x-ray imaging to see
whether the ablation had been complete and the important parts of the growth plate
had been removed.
A further, very useful means of examination was the cryomicrotome2. For preparation,
the spine had to be dissected into three pieces so that coronal, sagittal, and transversal
cuts could be made. The specimens were embedded in a special mount filled with gel.
After 2 days in the freezer, the mount was fixed in the microtome and cut with a slice
thickness of 50 µm.
Small pieces were also prepared from each spine for additional histological and scanning
electron microscope (SEM) examination.
5.3.3 Results and discussion
No carbonization could be observed at an energy level of 2.5×109 W/cm2 using the third
harmonic of the Q-switched Nd:YAG laser, i.e. with its high photon energy at 355 nm,
the laser exceeded the threshold of photoablation, which allows for very precise tissue
removal without heating up adjacent structures. However, the ablation rate was only 2-3
mm3/min corresponding to a low efficiency of 0.04 mm3/J.
Q-switched that time.
With the second harmonic at 532 nm, massive heating was observed leading to vapor-
ization and carbonization. Once the tissue was carbonized, heat absorption was much
stronger resulting in even greater carbonization. Although irrigation could reduce the
rise in temperature, the tissue was buckled at the edge of the ablation zone. The ablation
rate was about 6 mm3/min with an efficiency of 0.06 mm3/J.
At the fundamental wavelength of 1064 nm, similar results concerning heat production
and carbonization could be observed. The ablation rate of 9.3 mm3/min was somewhat
higher, leading to the same efficiency of 0.06 mm3/J, taking the increase in pulse energy
into account. Fig. 5.6 shows the difference between thermal ablation on the left with
massive carbonization and photoablation on the right without any sign of carbonization.
2In contrast to conventional microtome cuts, the tissue has to be frozen in a special liquid. The
cryomicrotome makes it easy to cut especially large samples of hard tissue, e.g. cortical bone.
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Fig. 5.6: Comparison of tissue ablation with the Q-switched Nd:YAG laser after thermal abla-
tion (left) and photoablation (right).
The argon-ion laser was able to ablate very precisely due to the small beam waist of 30
µm. However, heating was very strong in the disc, which meant that the pulse energy
had to be reduced. Under intense irrigation, the temperature could be decreased by 10◦C.
At an average power of 1.2 W, a compromise between thermal damage and ablation was
found. This power level led to an ablation rate of 8.3 mm3/min. The good beam quality
of the argon laser made it the most efficient (0.11 mm3/J) of the four laser systems.
The cw Nd:YAG laser used with the bare fibre, showed good results in ablation speed
and handling. The fibre could be moved easily to the appropriate region. However, tissue
removal could be achieved only with a relatively high laser power of about 16 to 20 W. This
again led to major carbonization and thermal damage to the adjacent tissue. The ablation
rate of 12.5 mm3/min is high enough for operational use, but heat and carbonization may
cause damage to the nerve roots. Since the bare fibre allows only beam diameters of more
than 700 µm, the efficiency was very low with only 0.01 mm3/J. In addition, the uneven
fibre tip led to diffraction and reflection, which heated up the fibre tip to such an extent
that the plastic coating caught fire. This could be avoided only by intermediate laser
action and intense irrigation. This still caused a high rise in temperature in the adjacent
tissue of more than 35◦C.
The high pulse energy of the Ho:YAG laser led to high ablation rates of 15 mm3/min
with an efficiency of 0.06 mm3/J. In addition, the heat transfer to adjacent tissue was
much less than that of the cw-mode lasers due to the pulse duration of 250 µs, which is
much shorter than the average thermal relaxation time of cartilage tissue (τ = 0.12 s).
With intermediate laser application and irrigation, the heating of adjacent tissue could
be retained at a non-critical level (see fig. 5.7) of less than 45◦C. Fig. 5.8 provides a
comparison of the parameters of each laser system.
Considering the ablation rate, handling and thermal damage to collateral tissue, the
Ho:YAG laser turned out to be the most suitable laser system of the four lasers tested
and was, therefore, chosen for ongoing in vivo investigations on young foxhounds.
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Fig. 5.7: Comparison of the rise in temperature during laser ablation with the Ho:YAG laser
using a pulse energy of 800 mJ and a repetition rate of 8 Hz (see text for details).
5.4 MRI temperature control
Although temperature measurements with small probes are sufficiently accurate and
give precise information about the rise in temperature, it would be more convenient
to have a non-invasive method of temperature monitoring, especially during in vivo
experiments. Inserting a probe into the disc or spinal canal during in vitro experiments is
reasonable, but it is impossible during in vivo measurements. To overcome this problem
non-invasive MRI experiments were carried out at the German Cancer Research Centre
(DKFZ) in Heidelberg using a TOM SP 4000 scanner (1.5 T, Siemens, Germany). For
this investigation, a part of the spine was mounted in a water tank, the temperature of
which could be adjusted and controlled externally.
Data acquisition was carried out using a specially developed saturation recovery tur-
boFLASH (SRTF) sequence [Ste95] with recovery times between 60 and 4000 ms and
centric phase encoding. This leads to a magnetization dependence on Trec, according to
M(Trec) = M0sin(α)(1− e−
Trec
T1 )e
−TE
T∗
2 (5.1)
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Fig. 5.8: Comparison of the rise in temperature (with irrigation), the ablation rate and the
efficiency of the four laser systems evaluated. The cw-lasers (argon-ion and Nd:YAG) show a
high rise in temperature of more than 35◦C. The argon-ion laser reached was the most efficient
due to its small spot size.
where sin(α) corresponds to the small angle stimulation (see section 3.3). The term
exp(−TE
T ∗2
) describes the free induction decay (FID) with the effective transversal relax-
ation time T ∗2 . The T1 relaxation time was derived starting at a temperature of 20
◦C.
After each measurement, the water temperature was increased by 5◦C using the following
parameter for data acquisition: TE = 4 ms, α = 12◦, TH = 7 mm, FOV = 128 mm.
The data acquired were plotted using Marquardt-Levenborg leastsquare algorithms. The
results are shown in fig. 5.9.
5.5 Minimally-invasive scoliosis treatment with a
Ho:YAG laser
The second step was to perform the proposed minimally-invasive operation technique
during in vivo experiments on young foxhounds using the Medilas H Ho:YAG laser with
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Fig. 5.9: Temperature
dependence of T1 time
in the disc. The slope
of the linear regression
fit is 24 ± 3 ms/◦C.
a 3-D thoracoscopic approach. During these operations, temperature monitoring was
carried out using fibre-optic fluorescent probes.
5.5.1 The Ho:YAG laser
The Medilas H laser system is designed for clinical use with a compact mobile housing
and closed cooling system making it an autonomous turn-key system. For safety reasons,
the system can only be operated if the pilot laser (Helium-Neon laser, λ = 633 nm) is
switched on.
The laser medium consists of a Holmium doped Ytterbium Aluminium Garnet
(Y b3Al5O12) crystal with doping rates of approximately 10
19 − 1022 cm−3. Population
inversion is reached from the absorption of Cr3+ to a metastable level of 3F4 and the
upper 3H4-level of the Tm
3+ ion is populated from a non-radiative decay. Laser emission
takes place as a decay from the 5I7 -level to the
5I8 -level (λ = 2120 nm).
Fig. 5.10: Energy level chart of a Ho:YAG
laser. The upper 3H4-level of the Tm3+
ion is populated from a non-radiative de-
cay. Laser emission takes place as a de-
cay from the 5I7 -level to the 5I8 -level
(λ = 2120 nm).
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The zone of thermal damage due to carbonization from the Ho:YAG laser varies be-
tween the different sorts of tissues according to their water content. For cartilage tissue
with a water content of ≈ 70%, ablation is dominated by laser absorption of the water
molecules (αH2O ≈ 50 cm−1 at 2120 nm). Thus, due to the high pulse energies of up to
1800 mJ, the first pulses already lead to a strong deposition of energy within a small tis-
sue volume (thermal penetration depth ≈ 250 µm), which is converted into heat through
vibrational and rotational energy states of the water molecules (refer to section 2.2). This
leads to a sudden vaporization of water inside the tissue resulting in micro explosions that
also eject tissue fragments with high kinetic energy, carrying away a vast amount of the
pulse energy. After all of the water within the focal volume has evaporated, subsequent
pulses lead to a rapid heating of the tissue. The same occurs in tissue with a low water
content, such as cortical bone. These high temperatures lead to a charring of the tissue
surface within a zone of ≈ 50 µm [Sch92] which results in even stronger light absorption
and thus speed up the heating of the tissue. The temperature within the thermal volume
may rise up to several thousand ◦C within a few microseconds, thereby igniting a thermal
plasma [Hel92], [Kuh98]. This is accompanied by a typical noise and intense fluorescent
light. In keeping the tissue surface covered with a thin water layer, e.g. by irrigation, the
total lateral thermal damage can be reduced to 100 - 200 µm.
5.5.2 Video-assisted thoracoscopic spinal surgery (VATS)
With the advent of video technology, thoracoscopy offers a minimally-invasive operative
approach for accomplishing thoracic surgical procedures previously performed through
open techniques [Kee93].
A 3-D thoracoscopic system was used for minimally-invasive operations (Richard Wolf,
Germany). The distal end of the thoracoscopic system is rigid with an outer diameter of
10 mm. The video signal from the CCD camera of the endoscope with two objective lenses
at the distal end (see right-hand photograph in fig. 5.12) is connected via a video signal
processor to a monitor with a refresh rate of 100 Hz. This processor sends alternating
images from the left and the right channel. Through wearing special shutter glasses (see
fig. 5.15) synchronized with the monitor frequency, the surgeon gets a three-dimensional
image of the operation field. Fig. 5.11 shows the assembly of the endoscope.
Fig. 5.11: Components of a typical endoscopic system [Bit92].
During long operations, a useful alternative is a so called “head-mounted display”
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(HMD). The left image in fig. 5.12 shows an HMD with displays mounted on a helmet-
like system. The video signal is sent to an LCD in front of each eye. This is very convenient
for the surgeon as he can rest his head in a relaxed position throughout long endoscopic
sessions, instead of having to concentrate permanently on a monitor. In addition, any
sort of image, such as x-rays, and CT or MRI images can be shown on the LCD using the
microphone attached to the HMD.
Fig. 5.12: Top: Distal end of 3D thoracoscope with two
objective lenses and irrigation canal. Left: Head mounted
liquid cristal display (LCD) for endoscopic operations (1).
The microphone (2) can be used to load any type of image,
i.e. x-rays, and CT or MRI images.
Careful evaluation of the pre-operative MRI scan is important for planning trocar
placement and reducing the time required to localize the area of spinal pathology.
Another new piece of technology is the interventional video tomography (IVT) in which
computer-generated structures are fused with the endoscopic video images in real time
allowing 3-D reconstruction from any kind of medical planar imaging data, such as ultra-
sound, CT or MRI [Tru95].
5.5.3 In vivo investigations
It is known that lambs do not have a thoracic septum which is necessary to make sure
that, during the operation, only one half of the lung collapses. Having consulted a veteri-
narian, we therefore decided to use foxhound puppies for in vivo investigation. Foxhounds
were considered appropriate because they easily tolerate anaesthesia during long operation
times and their thorax is of a size comparable to that of young patients. All experiments
were carried out at a specially-equipped animal operation section of the orthopaedic clinic
of Heidelberg.
Before each operation, the foxhounds were examined using MRI scans (1 T Gyroscan,
Philips, The Netherlands) to provide sufficient information about their anatomical struc-
tures and the size of their thorax (see left-hand photograph in fig. 5.13). For data
acquisition, the foxhound was placed in its left side on a receiver coil for spinal investi-
gation (synergy spine coil) (see right-hand photograph in fig. 5.13). The width and the
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length of the trachea was measured for later intubation . The images were also a means
of orientation for the surgeon during the operation.
Fig. 5.13: On the left: MRI investigation of a 3-month-old foxhound lying on its left side
using a synergy spine coil for local signal acquisition. On the right: transversal MRI (TSE)
of 3-month-old foxhound. The image was used to determine the length of the trachea and to
measure the size of the thorax. The marked line represents a length of 19.7 cm and roughly
shows the direction of the surgical approach.
5.5.4 Experimental surgical set-up
Catheters were inserted into the jugularis externa vein, the metatarsalis dorsalis artery
and the ureter to control blood and urine circulation under anaesthesia . To gain
additional information about the intra-operative stress, the following parameters were
monitored continuously:
• ECG, heart frequency
• arterial blood pressure
• central venous pressure
• capnography (endexpiratory CO2-level)
• pulseoxymetry (%-oxygen saturation of peripheral haemoglobin)
• vital capacity
• respiration frequency
Discontinuous monitoring included body temperature (rectal) and blood gas analysis.
An additional 2-D bronchoscopic system was used for intubation. The set-up for the
thoracoscopic laser hemiephysiodesis in the operation room is shown in fig. 5.14.
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Fig. 5.14: Experimental set-up during an in vivo operation. From left to right: fluoroptic
temperature control (1), Ho:YAG laser (2), 3-D endoscopic system (3), 2-D endoscopic system
(4), suction/irrigation unit (5), anaesthesia system (6), ECG monitor (7) and operating table
in the centre with foxhound (8).
Throughout the entire operation, the video signal for the 3-D thoracoscopic system
was recorded on tape (S-VHS, PAL) and individual photographs were taken using a
video-printer. During the operation, the foxhound lay on one side, mostly the left side,
due to the fact that 90% of scoliosis are left-concave scoliosis. Bronchial blocking under
bronchoscopic control permitted isolation and the distal parts of the ipsilateral lung (the
side facing the surgeon) to be collapsed. The first trocar insertion into the chest cavity is
usually made in the sixth intercostal space in the mid-to posterior axillary line through a
small skin incision. Ventilation to the side involved is stopped and the lung is collapsed.
The collapsed lung provides enough space for the surgeon to perform thoracoscopic
surgery. Then, four to five additional cannulae of 10 mm diameter were placed in such a
way that the 3-D endoscope, the lung retractor, the irrigation and suction as well as the
laser applicator could be inserted allowing complete manipulation and examination of the
entire thoracic spine. After the operation, only a few scars of about 2 cm in length will
remain, which is a major advantage compared with common dorsal fixation techniques.
The pleura parietalis was cut along with simultaneous coagulation of the crossing
segmental vessels. The vertebral body, the intervertebral disc and the rip heads were
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Fig. 5.15: Minimally-invasive laser hemiepi-
physiodesis on young foxhound puppies using a
3-D thoracoscope. The surgeon is wearing shut-
ter glasses (1) to get a 3-D view of the operation
field. He is holding the 3-D thoracoscopic cam-
era (5) in one hand and endoscopic forceps or
the laser applicator (3) in the other. The assis-
tant is holding the suction and irrigation system
(4) and the lung retractor (2).
preserved over a length of five vertebrae in doing so. Any bleeding occurring could be
stopped using monopolar endoscopic forceps. Considering postoperative MRI, no vessel
clips were used.
After preservation of the vertebral bodies, the laser fibre was inserted in a sterile
protective cover and laser calibration was performed using the internal automatic energy
meter of the Medilas system. A special fibre applicator has been developed to protect the
distal end of the fibre from mechanical stress and to provide safe and easy handling for the
surgeon. As shown in fig. 5.17, the applicator consists of a hollow tube (stainless steel) of
4 mm outer diameter with a removable tip to allow easy insertion of the fibre. After the
surgeon has determined the desired ablation depth from the MR image, the fibre is fixed
with a screw in such a way that the distal end of the fibre exceeds the applicator by the
length determined.
In imitation of the ablation technique developed from the in vitro investigations,
the fibre tip was first of all moved along the surface of the epiphyseal plate with the
laser being operated with short pulses to produce only little tissue ablation. Using this
technique, the surgeon produced a small trace of ablated tissue which served as a marker
for the epiphyseal growth plate allowing good orientation without causing bleeding from
the vertebral bodies. The surgeon then performed the hemiepiphysiodesis along this
trace, using longer laser intervals of about 20-30 seconds with pulse energies of 0.8 to 1
Joule and a repetition rate of 8 Hz leading to an average power of 6-8 W.
During laser action, the endoscopic objective lens and the tissue surface had to be
rinsed every few seconds because of the intense deposition of debris from the laser abla-
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Fig. 5.16: Videoscans of laser hemiepiphysiodesis under a thoracoscopic approach. On the left:
laser applicator and fibre-optic temperature probe inside the vertebral body. On the right: the
suction and irrigation unit and the epiphyseal plate after laser hemiepiphysiodesis.
Fig. 5.17: Fibre applicator used for laser
hemiepiphysiodesis. The tip can be re-
moved to enable an easy insertion of the
fibre during the operation.
tion as well as minor bleeding from the vertebral bodies, extending the operation time for
each growth plate by up to about 15 minutes. Fig. 5.16 shows two online video scans of
the hemiepiphysiodesis during the operation.
In two cases, the relatively small cranial part of the thorax allowed only treatment of 3-4
epiphyseal growth plates. In all other cases, 5-6 epiphyseal growth plates could be re-
moved. In one case, the laser could not be calibrated and, in another case, the foxhound
got respiratory problems so that the operation had to be abandoned and the animals
served as a comparison group. In total, 8 foxhounds were treated using the laser hemiepi-
physiodesis technique.
5.5.5 Temperature monitoring
A fluoroptic fibre thermometer (Model 3000, Luxtron, USA) was used instead of semi-
conductor probes for in vivo temperature control during the laser treatment. Data trans-
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Fig. 5.18: Fixation of fibre-optic temper-
ature probes (1) inside the syringe (3) to
protect them from mechanical and laser
damage. (2) shows the laser applicator.
mission to a PC was performed via a serial link so that data could be stored for later
analysis. A xenon flash lamp, located within the fluoroptic thermometer, produces an
exciting pulse of blue light which is transmitted down the fibre to the sensor tip (magne-
sium fluorogermanate) causing it to fluoresce in the red. This fluorescence is transmitted
back to the instrument through the same fibre and is focused onto a photodetector. Af-
ter the exciting pulse of blue light has terminated, the exponential rate of decay of the
fluorescence is measured and correlated with temperature. In contrast to the in vitro
experiments, the probes could be fixed only in the vertebra and the intervertebral disc
using a syringe to allow stable positioning and protect the fibre against breakage (see fig.
5.18). In both cases, the laser was used to drill the holes for fixing the syringe to the
vertebral body and the disc.
5.5.6 Post-operative treatment
After the operation, the animals were extubated and remained in a kennel within the
operation building under veterinary supervision for at least 2 hours. They were then
brought back to the farm where they grew up together with other animals. Their
health and well-being was checked regularly. After 6 months, the foxhounds were x-ray
examined to determine whether they already showed scoliotic growth. In almost every
case only minor changes in spinal growth could be observed at that time.
The foxhounds were fully grown one year after the operation, so that there was no
more growth potential in the epiphyseal plates. A final examination was therefore carried
out using x-ray and MRI investigations. Following the examination, the foxhounds were
put down and their spines were dissected for additional histological investigations and
cryomicrotome cuts.
5.5.7 Results and discussion
The trachea of the three-month-old foxhounds was too long for a double-lumen endo-
tracheal intubation. It turned out though that a bronchoscopically-controlled bronchial
blocking under elimination of only the distal parts of the lung provided enough space
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for a thoracoscopic laser treatment. The foxhounds tolerated anaesthesia for 4-5 hours
without any problems. In total, eight puppies were treated in this study with an
additional control group of eight foxhounds without treatment (matched pair technique).
5.5.7.1 Temperature measurements
The results from the temperature measurements showed a slighter rise in temperature
than the in vitro data throughout all operations. The temperature thereby varied strongly
depending on the position of the probes, thus, direct comparison of the temperature data
between the different measurements was difficult. Two typical curves of temperature
development during laser hemiepiphysiodesis are shown in fig.5.19 and fig.5.20.
Fig. 5.19: Development of temperature inside the vertebral body and the adjacent disc during
in vivo Ho:YAG laser ablation. The distance between the probe and the fibre tip was about 2
mm.
Fig. 5.19 represents the development of the temperature inside the vertebra at a
distance of 2 mm from the growth plate and the temperature in the adjacent intervertebral
disc. The temperature in the disc thereby remains far below that in the vertebra, showing
no peaks. This results mainly from the lower thermal conductivity of the cortical tissue of
the epiphysis compared with the more spongiform tissue of the diaphysis. The peaks are
thought to originate from blood perfusion inside the vertebral body (see section 4.2.2 and
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fig. 4.4). In fig. 5.20, the development of the temperature at a distance of about 4 mm to
the fibre tip is shown. It can be seen that the high temperature peaks have vanished and
that the overall temperature is about 30◦C lower than at half the distance. It can, thus,
be assumed that the temperature does not exceed a critical level at a distance of about
4-5 mm from the fibre tip. The curves also show that, in contrast to the in vitro data, the
temperature fell rapidly down to a value close to the body temperature immediately after
the laser had been switched off. This is due to blood flow and the irrigation liquid. During
the in vitro experiments, the temperature remained at a relatively high level after the laser
had been switched off due to the lack of blood flow. Although the peak temperature in the
vertebral body reached around 75◦C during the in vivo experiments, it fell very quickly
so that no lasting effects to the nerve roots in the vertebral bodies and the spinal cord
are to be expected. None of the animals showed any neurological disorders.
Fig. 5.20: Temperature inside the vertebral body and the adjacent disc during in vivo Ho:YAG
laser ablation. The distance between the temperature probe and the fibre tip was about 4 mm.
5.5.7.2 MRI and x-ray investigation
After one year on the farm, the foxhounds were fully grown, but there was still hardly any
sign of spinal deformities in the animals’ appearance. However, the results from radiog-
raphy and MRI investigations showed that all of the foxhounds developed alternations to
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normal spinal growth within the region of the treated vertebrae. As can be seen in fig.
5.21, the spine showed scoliotic growth in 6 cases and in 2 cases the spinal deformity was
kythotic as shown in fig. 5.22.
Fig. 5.21: Coronar (left) and
sagittal (right) MR image of
foxhound one year after laser
hemiepiphysiodesis. The ar-
rows in the left image show
the epiphyseal plates which
were treated with the laser.
The scoliotic deviation of the
spine is about 30 degrees. The
image on the right shows a
kythotic deviation of the spine
with a curvature of about 25
degrees.
This result shows that all of the vertebral bodies that had been treated with the
Ho:YAG laser developed abnormal growth. In 75% of the cases, the desired effect of
inhibition of growth on one side, i.e. the side with laser hemiepiphysiodesis, could be
achieved. However, the degree of curvature did not exceed 30◦ and might not be sufficient
to compensate severe scoliotic growth.
Fig. 5.22: X-ray image of foxhound
one year after laser hemiepiphys-
iodesis showing a kythotic deviation
of the spine of about 25 degrees.
The arrows indicate the alternation
in vertebral growth.
5.5.7.3 Cryo-mictrotome and histological investigation
The post-operative investigation with the cryomicrotome, which was proven to be very
useful during in vitro experiments already, was also performed for in vivo investigation.
After dissection, the spinal segments were cut in the coronal plane in order to show
scoliotic deviation on spinal growth. The spine shown in fig. 5.23 corresponds to the MRI
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image on the left in fig. 5.21. Alternations in vertebral growth due to laser treatment are
clearly visible (arrows).
Fig. 5.23: Coronal cryomicro-
tome cut of the spine one year
after laser treatment. The
spine corresponds to the one
shown on the left in fig. 5.21.
A scoliotic deviation in spinal
growth of 30◦ can be seen. Al-
ternations in vertebral growth
due to laser treatment are
clearly visible (arrows).
5.6 Conclusion
During extensive in vivo experiments, the Ho:YAG laser has proven to be a powerful tool
for the precise, fast and effective ablation of cartilage tissue, thus, providing a new
gentle operation technique for the treatment of idiopathic scoliosis.
These initial results imply, that it is possible to produce a change in spinal growth
through laser hemiepiphysiodesis. Nevertheless, in order to develop this operation
technique for clinical application, it is necessary to determine a tight correlation between
the number of ablated growth plates and the extent of scoliotic growth, thus, further
investigations are necessary.
From a clinical point of view, the ablation of a maximum of six epiphyseal growth
plates might not have been enough to induce significant scoliotic growth and might be
a reason why the change in spinal growth was not as strong as might be needed for an
effective treatment of severe idiopathic scoliosis. In addition, the neurocentral cartilage in
the vertebral bodies of foxhounds might have had a negative influence on scoliotic growth.
Animal experiments with primates might have been more successful due to their simi-
larity to humans with an upright position of the spine. These experiments, however, would
be extremely costly and difficult to carry out due to ethical aspects. However, according
to the given goal of partial removal of the vertebral growth plate as a minimally-invasive
scoliosis treatment, it was shown that high-precision, minimal thermal damage to adjacent
tissue and a sufficiently high ablation rate could be achieved during in vivo operations.
The chosen 3-D thoracoscopic operation technique in combination with the Ho:YAG laser
has proven to be successful and reliable with regard to laser tissue ablation, laser han-
dling and safety in sensitive structures. In addition, the results of this work can be used
to adapt the operation technique to other, similar clinical applications, where a precise
ablation of hard tissue without thermal damage to adjacent structures is essential, such
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as the treatment of herniated discs and stenosis of intervertebral foraminae.
Alternative laser ablation might be possible in the future due to newly developed sapphire
optical fibres with high transmission rates of more than 80% at wavelengths of up to 3.5
microns. This would allow the endoscopic use of Erbium doped lasers at wavelengths of
around 3 µm where water has its strongest absorption peak. These fibres, however, have
not been available when our work was started.
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Chapter 6
Plasma-mediated laser bone ablation
Very clean and well-defined removal of tissue without any evidence of thermal or me-
chanical damage to collateral structures can be achieved by means of plasma-mediated
ablation, if the appropriate laser parameters are chosen (see section 2.3).
Picosecond and femtosecond laser pulses permit the generation of high peak intensities
with considerably lower pulse energies than those of ns laser pulses. Plasma energy and,
thus, disruptive effects can be reduced with these extremely short pulse durations (see
section 2.3.1). Moreover, spatial confinement and predictability with regard to laser tissue
interaction is strongly enhanced. This plays an important role in clinical laser applications
based on very precise tissue ablation, such as photo-refractive surgery on the cornea of
the eye [Bil97],[Mu¨l97],[Lub99], glaucoma treatment [Keß00] or ablation of neural tissue
[Go¨t96].
Since plasma-mediated laser ablation is capable of removing only small volumes of tissue,
it as yet has only limited applications in clinical treatment. Nevertheless, due to the
development of new powerful picosecond and femtosecond laser systems, the number of
applications will soon increase. Another advantage of plasma-mediated ablation is the
independence of tissue structure. Therefore, even hard tissue like cortical bone can be
removed easily using this technique. In the following study, the main interest lies in the
clinical application of laser microsurgery (LMS) used for treating stenosis on vertebral
foraminae and necrosis of the head of femur [Bon99]. For all of these applications, preci-
sion in tissue ablation and non-thermal laser-tissue interaction is an essential requirement,
whereas the ablation rate itself is of secondary importance.
In this work, two powerful ultra-short pulse laser systems were compared with regard
to their ablation rates and precision of plasma-mediated ablation on cortical bone tissue
(bovine thigh bone). In addition, histological cuts were made in order to show that the
process of plasma-mediated tissue ablation caused no thermal damage to collateral tissue.
6.1 Model of plasma-mediated tissue ablation
As described in section 2.3, plasma-mediated tissue ablation is due to the mechanical
decomposition of ionized molecules within the plasma. To determine the dependence of
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ablation depth on incident laser intensity, a new model based on Maxwell’s equations, was
introduced by [Nie96]. Assuming that the plasma electrons are performing oscillations
induced by the incident electromagnetic field at its frequency ω, the plasma absorption
coefficient is derived as
αpl =
νei
nc
ω2pl
ω2 + ν2ei
(6.1)
with νei being the mean collision rate of free electrons and ions. For cold laser plasmas,
i.e. νei  ω, equation 6.1 can be simplified to
αpl =
νei
nc
ω2pl
ω2
(6.2)
Therefore, plasma absorption is enhanced in the IR region of the spectrum. Since ω2pl ∼
N and νei ∼ N , the important relation αpl ∼ N2 is obtained stating that the absorption is
a non-linear function of the free electron density and, thus, of the absorbed energy itself.
This model describes laser tissue ablation very well. However, if the energy density reaches
a second threshold Ipl, the ablation depth per pulse saturates. This is due to plasma
shielding at high plasma temperatures or high electron densities within the plasma where
succeeding laser radiation is absorbed, thereby heating up the plasma. All abundant
energy is, thus, dissipated to heat and does not contribute to a further increase in ablation
depth.
6.2 The laser systems
The investigation of plasma-mediated ablation of bone tissue was performed using a
Ti:sapphire laser system at the Max-Born-Institute of Nonlinear Optics and Spectroscopy
in Berlin. The system layout is shown in fig. 6.1. A Ti:Sapphire oscillator (Spec-
tra Physics Tsunami) is pumped with an argon-ion laser (Spectra Physics 2080 A-12
Beamlok). Chirped pulse amplification is performed using a stretcher/compressor unit
(Quantronix Model 4800) and a Ti:Sapphire regenerative amplifier (Quantronix 4800),
pumped by the frequency doubled output of a Q-switched Nd:YLF laser (Quantronix
527). Pulses with durations down to 225 fs (autocorrelation function) and energies of up
to 400 µJ were obtained at repetition rates of up to 1 kHz. The wavelength of the pulsed
light is tunable and was about 820 nm during the experiments.
As a comparison, additional experiments were performed at MRC-Systems GmbH
in Heidelberg using 20 ps pulses generated by a Nd:YAG laser system (HARP, Time
Bandwidth Products). The HARP laser system consists of three components, a seed
laser oscillator, a regenerative amplifier and a power amplifier. Pulse formation in the
seed laser oscillator is based on a diode pumped Nd:YVO crystal in combination with
a semiconductor saturable absorber mirror (SESAM) [Kel96]. The initial pulses of 10
nJ are amplified by a Q-switched Nd:YAG regenerative amplifier to pulse energies of
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Fig. 6.1: Diagram of the experiments on plasma-mediated laser ablation of bone tissue with
the Ti:Sapphire fs-laser system and the application unit. The ultrashort pulses are generated
in the Ti:Sapphire oscillator (top), then regeneratively amplified (bottom) using chirped pulse
amplification and directed into the computer controlled application unit (right).[Lo¨s98]
400 µJ with repetition rates of 4 kHz and a mean power of up to 1.6 W. In a last
stage the power amplifier consisting of a Nd:YAG laser head (CEO minirod) is passed
four times leading to a sixfold amplification resulting in a maximum output power of 10 W.
The set-up for the experiments with the picosecond Nd:YAG laser is shown in fig.
6.2. Since the laser system has a fixed repetition rate of 4 kHz an optical “chopper” was
used to reduce the mean repetition rate to 1 kHz. This was necessary because of thermal
effects during plasma ablation at higher repetition rates (see chapter 4.3).
For both lasers the beam diameter was increased by means of a Galilean telescope and
then focused onto the tissue surface at normal incidence. For the Ti:Sapphire laser a lens
with 9 dpt (111 mm) focal length and for the Nd:YAG laser a lens with 50 mm focal length
were used respectively. The bone sample was mounted onto a translation stage, which
could be moved in the x − y plane by means of computer-controlled stepping motors.
During laser action, the sample was moved along parallel lines (2 mm) in the x axis at
a velocity of 0.8 mm/s. The distance between the lines was 50 µm. Optimum plasma
spark generation was used as alignment criteria for adjustment of the z-position along the
optical axis.
Due to high power densities, the spot size diameter had to be measured with the “knife-
edge” method. Thereby, a razor blade is moved through the beam at different positions
along the beam axis close to the estimated z-position of the focal spot. The transmitted
laser power is determined using a power meter. Data is then plotted and differentiation
leads to a Gaussian curve from which the spot size diameter is determined (1/e2 decay)
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[Roh99].
Fig. 6.2: Set-up of the exper-
iments on plasma-mediated
laser ablation of bone tissue
with the HARP c© ps laser sys-
tem. (1) laser, (2) chop-
per, (3) focussing lens (f = 50
mm), (4) bone sample and (5)
mount with stepping motors.
For plasma-mediated laser ablation fresh cortical bovine thigh bone was used. To
ensure a uniform ablation the periosteum was dissected. During laser ablation the tissue
surface was sprayed with saline solution to prevent drying. After laser ablation the tissue
sample was put in mounting medium and remaining water was replaced with alcohol. The
sample was then cut with a diamond saw to determine the ablation depth using a scanning
electron microscope (SEM). For this investigation, the sample has to be absolutely dry,
so that no material is vaporized inside the vacuum chamber of the SEM. Thus, after
irradiation the specimens were preserved in a 10% formalin solution, dehydrated in a series
of graded ethanol and dried using a critical point dryer1 (CPD). Finally, the samples were
coated with a gold layer (20 nm) using a sputter coater to prevent electro-static charge
at the surface of the sample.
For histological investigation some samples were decalcified and dyed with Ladewig agent
for examination with a light microscope (LM).
6.3 Results and discussion
Fig. 6.3 shows the results from the spot-size measurements. According to [Koe92] the
beam width is given by
ω(z) = ω0
√√√√1 + ( λz
piω20
)2
. (6.3)
From this, the spot-size diameter for the experiments with the Ti:Sapphire fs-laser was
determined to be 44± 4 µm in horizontal and 50± 4 µm in vertical direction. Due to
the smaller focal length the spot-size diameter for the Nd:YAG ps-laser reached 12± 2
1Inside a small pressure chamber the tissue samples are embedded with liquid CO2 which is heated
until a mixed phase (p >85 bar, T>40◦C) is reached. The pressure is then reduced slowly resulting in a
gentle drying without affecting tissue structures and with almost no shrinking (typically < 5%).
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Fig. 6.3: Evaluation of the
spot size diameter with data
from the “knife-edge” mea-
surements, using a two pa-
rameter fit (equation 6.3). For
the Ti:Sapphire laser (top) a
spot-size diameter of 44± 4
µm in horizontal and 50± 4
µm in vertical direction was
determined. For the Nd:YAG
laser (bottom) a spot-size di-
ameter of 12± 2 µm in hori-
zontal and 14± 2 µm in the
vertical direction, was calcu-
lated respectively.
µm in horizontal and 14± 2 µm in the vertical direction.
With a pulse energy of 400 µJ and a pulse duration of 225 fs, the focal energy density
of the Ti:Sapphire laser reached about 21 J/cm2, leading to a maximum power density of
9 · 1013 W/cm2. With a maximum pulse energy of 1.8 mJ for the Nd:YAG laser a focal
energy density of up to 1.2 · 103 J/cm2 could be achieved. The pulse duration of 20 ps led
to a power density of 5.8 · 1013 W/cm2.
Fig. 6.4 and fig. 6.5 show quantitative results after laser irradiation using single pass
ablations performed at various pulse energies at a repetition rate of 1 kHz. To evaluate
the depth, the irradiated samples were cut in half and the depth of the excision was
determined with the SEM using a micrometre scale. A slight scatter of the measured
data occurred due to the inhomogeneous structure of the samples.
The ablation threshold for plasma mediated ablation of bone tissue with the
64 CHAPTER 6. PLASMA-MEDIATED LASER BONE ABLATION
Fig. 6.4: Ablation curve
of plasma-mediated laser
ablation of cortical bone
tissue (bovine thigh bone)
with 225 fs pulses (auto-
correlation function) from
the Ti:Sapphire fs laser
system at 820 nm . Us-
ing a linear fit (slope =
0.4) the ablation thresh-
old was determined to be
3.5±1 J/cm2.
Ti:Sapphire laser and the Nd:YAG laser could be determined to be 3.5±1 J/cm2 and
80±10 J/cm2 respectively.
According to fig. 6.4 and fig. 6.5 the shorter femtosecond pulses exhibit a significantly
higher efficiency than the picosecond pulses. The slope for the fs pulses in fig. 6.4 is
about 0.4. For the ps pulses in fig. 6.5 it is only about 0.05. Although the wavelength
of the Ti:Sapphire laser (820 nm) and the Nd:YAG laser (1064 nm) differ by a factor
of 1.3, this does not contribute to the phenomenon of increased femtosecond ablation
efficiency, since interaction is based on a plasma effect, not on linear absorption [Nie96]
[Lo¨s98]. With shorter laser pulses induced breakdown already occurs at larger laser beam
diameters before the focal spot is reached. Thus, the volume of the plasma is expected to
be larger. This may result in larger volumes of material being ablated by a single pulse,
thus, leading to a higher ablation efficiency.
Using the efficiency measurements, the time needed for the ablation of a given amount of
tissue can be estimated.
The Ti:Sapphire laser is capable of generating 225 fs pulses with an energy of 400 µJ
at a repetition rate of 1 kHz. Due to slow scanning of the laser beam over the tissue
surface, pulse overlay was approximately 60-fold for the Ti:Sapphire laser and 18-fold
for the Nd:YAG laser. Assuming an optimal scanning speed, i.e. single pulse excision,
the calculated time needed for the ablation of 1 mm3 of cortical bone tissue is about 60
seconds (spot size ≈ 50 µm).
The Nd:YAG laser generates 20 ps pulses with a maximum energy of 2.4 mJ at a repetition
rate of 4 kHz. With a spot size diameter of 12 µm, the ablation time for 1 mm3 would
be about 25 seconds.
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Fig. 6.5: Ablation curve
of plasma-mediated laser
ablation of cortical bone
tissue (bovine thigh bone)
with 20 ps pulses (FWHM)
from the Nd:YAG ps-laser
system at 1064 nm . Us-
ing a linear fit (slope =
0.05) the ablation thresh-
old was determined to be
80±10 J/cm2.
6.3.1 SEM and histological investigations
Fig. 6.6 shows an SEM image of a bone tissue sample after irradiation with 20 ps laser
pulses at pulse energies of 2 mJ. Magnification is 50-fold (bar = 1 mm) on the left-hand
side. The right-hand side shows a further twofold magnification of the marked section (bar
= 100 µm). The size of the pattern was 2 × 2 mm and laser ablation was repeated 2 times.
It can be seen from SEM investigation that the tissue ablation has been very precise
and cavitation and mechanical alterations of the edges can not be found.
In order to investigate the histopathological structure of the excisions, samples were
cut in slices of 10 µm thickness. Fig. 6.8 shows two photomicrographs of Ladewig stained
cortical bone tissue exposed to 350 µJ with 20 ps laser pulses. The image on the left-hand
site shows an overview of the excision at a lower magnification (bar = 400 µm), demon-
strating the absence of long-range structural changes caused by means of irradiation. The
vertical edges and the lower horizontal edge mark the boundary of the laser excision. The
right-hand image shows a magnification of the lower horizontal edge. The bar represents
a distance of 10 µm. The quality of the laser cut is exceptionally high and exceeds a
mechanical cut e.g. with a medical (pneumatic) saw.
If the scans are repeated more often, deeper excisions can be achieved. During laser ab-
lation, tissue fragments are ejected. Thus, debris of ablated material can often be found
covering the edges and the bottom of the excisions, as shown in fig. 6.8. After irrigation
most of the debris can be removed by rinsing the tissue with saline solution. The geom-
etry of the excisions often appears to be slightly distorted from its original shape. The
top edges apparently moved outwards. These effects are due to the dehydration process
of the tissue prior to SEM examination (see above).
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Fig. 6.6: SEM image after
plasma-mediated laser abla-
tion of bovine cortical bone
tissue with 20 ps pulses from a
Nd:YAG laser (λ = 1064 nm).
Pulse energy was 2 mJ at a
repetition rate of 1 kHz. Mag-
nification on the left is ×50
and on the right ×100.
Fig. 6.7: LM image after plasma-
mediated laser ablation on bovine thigh
bone at 820 nm with 225 fs pulses. Pulse
energy = 400 J, repetition rate = 1 kHz.
6.4 Conclusion
The experiments with the ps and fs-laser system showed that plasma-mediated tissue ab-
lation of cortical bone is possible with sufficiently high ablation rates and accuracy for the
clinical application of microsurgical treatment. In addition, according to the results from
histological investigations, no thermal damage occurred to collateral structures. Com-
pared to a zone of thermal damage of 50-100 µm for bone ablation with the Ho:YAG
laser [Sch92][Cha90] and 100-200 µm for the CO2 laser [Sch92][Fri00], plasma-mediated
bone ablation is very safe, thus, the use of new compact ps and fs-lasers in combination
with already existing laser probes [Go¨t99] enables the non-thermal ablation of bone tissue
and, therefore, makes new clinical applications possible, especially in orthopaedics in the
treatment of stenosis on vertebral foraminae, necrosis of the head of femur [Bon99] and
ear-nose-throat (ENT) surgery. Since threshold fluence needed for initiating the ablation
process is lower for the shorter femtosecond pulses than for picosecond pulses, lower pulse
energies can be used for the removal of bone tissue if femtosecond laser pulses are applied.
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Fig. 6.8: LM image of histological cut after plasma-mediated laser ablation of bone tissue with
the HARP c© ps laser system. Left: very precise ablation with sharp edges and no signs of
cavitation in the collateral tissue (bar = 100 µm). Right: no thermal damage to adjacent tissue
(bar = 10 µm).
This results in reduced shockwave effects. In addition, in comparison to longer picosecond
laser pulses from the Nd:YAG laser, the ablation with the Ti:Sapphire femtosecond pulses
was found to be more efficient. However, due to its high pulse energy of up to 2.5 mJ
and repetition rates of up to 4 kHz, the picosecond laser system may reach high ablation
rates of cortical bone tissue of about 10 mm3/min. This time is short enough to be of
clinical relevance. For these laser parameters, the ablating beam should be scanned over
the tissue surface ten times faster than in this experiment. From a technical point of view,
such scanning speeds can be easily achieved.
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Chapter 7
LITT of bone tumours under MRI
temperature control
This part of the dissertation concentrates on laser-induced minimally-invasive treatment
of benign bone tumours. There are many types of benign and malignant bone tumours
of which the osteoid osteoma (OO) is the most common of the benign ones.
The aim of our new laser treatment was to thermally destroy the tumour by means of
photo-coagulation which occurs at tissue temperatures above 50◦C applied for more than
30 seconds. Using an optical fibre, this technique allows for easy destruction of tumour
cells without the removal of bone tissue.
During the study, 3 different laser systems including a Ho:YAG laser (Medilas H, Dornier,
Germany), a Nd:YAG laser (SL 905 T, Spectron, Germany) and a compact diode laser
(Medilas D, Dornier, Germany) were evaluated with regard to their applicability during
laser induced interstitial thermotherapy (LITT).
To date, only one research group is known to use LITT as a treatment for OO [Gan98].
They use computer tomography (CT) for intra-operative tumour localization and navi-
gation of the laser which exposes the patient to strong radiation [SDB98]. In addition,
precise non-invasive temperature monitoring during the laser application is not possible
using CT.
In contrast, our newly invented treatment is performed under MRI guidance and uses the
latest imaging technology for fast, i.e. online, temperature control during the coagulation
procedure.
7.1 The osteoid osteoma
An osteoid osteoma (OO) is an entity that, in spite of its completely benign behaviour
and small size (≤ 2 cm), is of great concern to the patient because of the severe pain
with which it is associated [Pic89]. The lesion consists of a small, round or oval nidus of
osteoid and/or woven bone in highly vascularized tissue evoking an intense reaction of
the surrounding structures.
The nidus is blood red, soft and richly innervated by nerve fibres, thereby evoking consid-
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erable pain which is frequently mistaken for a neurotic complaint, thus, causing delays
in diagnosis ranging from months to years [O’Co98].
Some 70% of patients are less than 20 years old and more than 80% occur in long bones
of which the most common are the femur (34%), tibia (23%), humerus (6%) and talus
(5%). Fig. 7.1 shows the sex, age and skeletal distribution of OO.
Fig. 7.1: Sex, age and skeletal distribution of osteoid osteoma (635 cases).[Pic89]
An OO located in the spine often results in muscular spasm due to irradiant effects
from the nidus with a resultant curvature of the spine (scoliosis). Some OO of long bones
present in infancy and located close to a growth epiphysis result in a lengthening of the
segment. This acceleration in growth, if asymmetric, may result in varus or valgus joint
deformity. Due to its high vascularization, the OO is clearly visible on x-rays as well
as on MRI images. Fig. 7.2 shows an x-ray image in the frontal plane of an OO in
the tibia bone. The nidus is clearly demarcated (arrow). In fig. 7.3, the MR image of
a transversal cut through the tibia shows the OO (arrow) as a region of hyperintensity
inside the otherwise dark cortical bone [Hac97].
Most nidi are buried deep within a tremendously thickened corticoperiostal reactive
bone covering. The surgeon does not want to excise the entire extent of the perinidal
reactive tissue, since removal of this covering would compromise the cortical strength of
the bone with the threat of fracture on weight bearing, thus, requiring the use of a cast
for extra weeks.
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Fig. 7.2: X-ray image of 19
year old male. The arrow
marks the OO of the medial
tibia. The nidus is clearly
demarcated.[Fre98]
Fig. 7.3: T1 weighted MR image of 22 year old
male after application of contrast medium. The
arrow marks the OO of the medial tibia. The
nidus shows up as hyperintense region.
7.2 Experimental set-up
To facilitate the puncture of the nidus and to assure precise needle placement, a new fully
MR compatible puncture system has been developed. Fig. 7.4 shows the device consisting
of an outer ring with holes to assure precise guidance of the puncture needle. The ring
is fixed on a plate which also acts as a fixation for the tissue sample. The ring allows for
punctures in the transversal plane in steps of 5◦. The device is made of acrylate and is
invisible for MRI.
Sheep thigh bones were used for in vitro investigation. Since none of the sheep actu-
ally developed an OO, the tissue sample had to be preserved. Throughout this study,
preservation was performed in the same manner to assure comparable conditions.
Using a pneumatic drilling machine, two to three holes of 2.1 mm in diameter were
drilled into the cortical substance of the thigh bone. These holes were then filled with
trabecular bone from the head of the femur. An artificial nidus was, thus, produced
thereby. Holes for the fluoroptic temperature probes were drilled perpendicular to the
artificial tumour, such that the distal end of the probes was located at a distance of a
few millimetres from the artificial tumour. The tissue sample was then fixed on the MRI
table and the nidus was located precisely using a hand receiver coil.
To make sure that our puncture method was precise and reliable (p < 0.05), we
performed ten punctures using a Gadolinium pellet with a diameter of 0.8 cm, which
represented the tumour (see fig. 7.5).
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Fig. 7.4: Prototype of puncture fixation system.
The ring allows for precise guidance of the punc-
ture needle in the transversal plane in steps of
5◦.
Fig. 7.5: Evaluation of the puncture algo-
rithm and precision of the puncture device
using a Gd pallet (arrow). The sheep thigh
bone was cut in half so that easy positioning
of the pallet could be achieved.
Throughout the evaluation of the three laser systems, application of laser light was
performed using a fused silica bare fibre. During experiments with the Ho:YAG and the
diode laser, the fibre was connected directly to the laser via a special mount. For the
Ho:YAG laser, external calibration was needed whereas the diode laser performs self-
calibration each time the system is started. Measured output power was between 90%
and 95% of the chosen display value for the diode laser, and 75% to 90% for the Ho:YAG
laser. Output power for the Nd:YAG laser was adjusted using a calibrated power meter
(Vector, S 310 D, Laser 2000, Germany).
The typical optical fibres used for laser coagulation consist of three different layers as
shown in the left-hand illustration of figure 7.6. The core - usually made of silica - is the
light transmitting region. The cladding is the cylindric optical layer that, together with
the core, builds the optical waveguide. Light guidance occurs due to total reflection on
the boundary between the core and the cladding according to Snellius’ law
sin g =
nclad
ncore
(7.1)
with nclad being the refractive index of the cladding and ncore the refractive index of
the core and ncore > nclad. Thus, the maximum angle Θ for which light is guided inside
the fibre is given by
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Θ = arcsin
√
n2core − n2clad (7.2)
For optical fibres, equation 7.2 is often written as
NA =
√
n2core − n2clad = sinΘ (7.3)
with NA being the numerical aperture.
Fig. 7.6: Left: structure of bare fibre with step index. Right: guidance of light inside the fibre.
The refractive index was 1.453 for the core and 1.405 for the cladding.[Kli99]
Fig. 7.7: Attenuation spec-
trum of typical fused silica bare
fibre.[Sch90]
The minimization of intrinsic absorption in the ultraviolet (UV) and visible (VIS)
spectral range, which is dominated by Rayleigh scattering and strongly depends on the
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Fig. 7.8: Left: 3-D colour-coded beam analyser shot
of intensity distribution of multi-mode bare fibre. Bot-
tom: corresponding linear absorption spectrum.
wavelength, decreasing by the fourth power (see fig. 7.7) is important for the development
of optical fibres .
Strong absorption bands of oxygen molecules are a major limitation for applications in
the infrared (IR). Additional attenuation is caused by soiling especially due to hydroxyl
ions with absorption peaks at 2.7 µm, 1.4 µm and 0.95 µm respectively.
The losses due to absorption are usually given by
α =
10
l
log(
P0
P
) [dB/km] (7.4)
with l being the length of the fibre in kilometres. P0 and P represent the incident laser
power at z = 0 and the output power at z = l respectively.
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The fibre used during the experiments was a HCS c© low OH− step index bare fibre with
an attenuation coefficient of 14 bB/km at 940 nm, and 12 dB/km at 1064 nm.
The left-hand image in fig. 7.8 shows a 3-D colour-coded intensity distribution
recorded from a beam analyser. In contrast to single-mode fibres with Gaussian intensity
distribution, here peak intensity is spread over the cross-section of the fibre. The plot in
fig. 7.8 shows the corresponding intensity distribution along the x and y axis. Together
with the high divergence of the fibre, a uniform irradiation of small tissue volumes with
high intensities is possible. Since the majority of OO do not exceed 1.5 cm in diameter,
LITT using bare fibres is a feasible treatment method. This allows for a much more simple
laser application compared with LITT fibres with a diffusor tip, which are more fragile
and often need external water cooling. Even at a maximum laser power of 12 watts, the
bare fibre did not show any damage.
The deposition of debris or charred tissue fragments on the fibre tip, however, may lead
to massive damage. In some cases, the distal tip may heat up so much that the fibre melts
and the plastic cladding catches fire. This can be avoided using protection systems like
the Lightguide Protection System (LPS) of the MEDILAS D diode laser that turns the
laser off automatically if the distal end of the fibre is soiled with debris and white light is
reflected back due to carbonization.
7.3 Bone coagulation with the Ho:YAG laser
Laser coagulation of cortical bone tissue was performed on pig thigh bones. Three different
laser systems were compared with regard to thermal damage to collateral structures and
the maximum size of tissue necrosis. All laser systems emit radiation in the infrared at
wavelengths of 940 nm, 1064 nm and 2120 nm respectively.
The first laser evaluated for bone coagulation was the Ho:YAG laser (λ = 2120 nm), which
was also used for laser hemiepiphysiodesis (see chapter 5). The Medilas H laser system is
designed for clinical use with a compact mobile housing and closed cooling system.
7.3.1 Experimental set-up
Fig. 7.9 shows the set-up for the experiments with the Ho:YAG laser. For in vitro
investigation, sheep thigh bones were cut in half with an anatomic saw and holes were
drilled at distances of 5 mm for the fixation of both the laser fibre (600 µm bare fibre, see
below) and the fluoroptic fibres.
The laser fibre was inserted into the first hole 3 to 4 mm inside the cortical bone. Fibre-
optic probes were fixed in subsequent holes at distances of 5 mm, 10 mm and 15 mm.
Laser energy was then applied for a period of 60 seconds and temperature distribution
was recorded using a fluoroptic fibre thermometer. After each session, the distal end of
the laser fibre was examined for any damage and new placement of the fibre and the
temperature probes was repeated for the following measurements.
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Fig. 7.9: Set-up for the bone coagulation
experiments with the Ho:YAG laser. A
600 µm bare fibre was used for light trans-
mittance.
Pulse energy Repetition rate Total energy Distance from fibre Maximum temp.
500 mJ 10 Hz 300 J 5 mm 65◦C
1500 mJ 5 Hz 450 J 5 mm > 80◦C
1000 mJ 10 Hz 600 J 5 mm 60◦C
1500 mJ 10 Hz 900 J 5 mm > 80◦C
1500 mJ 10 Hz 900 J 10 mm 50◦C
Table 7.1: Comparison of the size of bone necrosis depending on applied laser energy after
coagulation with the Ho:YAG laser.
Starting with a pulse energy of 500 mJ at a repetition rate of 10 Hz, pulse energy was
increased in steps of 500 mJ up to a maximum energy of 1500 mJ. To evaluate the influence
of the repetition rate, the treatment was also repeated with the same pulse energies at a
repetition rate of 5 Hz.
7.3.2 Temperature control
An analysis of the temperature development during laser coagulation on trabecular bone
is shown in fig. 7.10. The total energy applied was 300 J at pulse energies of 1000
mJ at a repetition rate of 5 Hz. Due to its higher water content, thermal diffusivity is
much higher in trabecular bone and, thus, heat can be carried away more easily. The
temperature reached more than 80◦C at a distance of 5 mm from the fibre tip, whereas in
cortical bone (see fig. 7.11), the temperature reached only 70◦C. These differences may
be even stronger in vivo, since the vascularization of trabecular bone is much stronger
than that of cortical bone.
It can be seen in fig. 7.10 that even at a maximum pulse energy of 1500 mJ, the
temperature does not exceed 70◦C within a region of approximately 1 cm in diameter.
Lower repetition rates of 5 Hz showed only minor difference (see table 7.1).
Table 7.1 gives an overview of the temperatures reached inside the cortical bone.
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Fig. 7.10: temperature during laser coagulation of cortical bone with the Ho:YAG laser. The
pulse energy was set at 1000 mJ at a repetition rate of 5 Hz. The laser was switched off after
60 seconds leading to a total application of 300 J.
7.3.3 Histological investigation
After laser coagulation, the tissue sample was prepared for histological investigation using
cryomicrotome cuts as shown in fig. 7.12. We noticed that coagulation of bone tissue
is accompanied by strong carbonization even at lower pulse energies. This is due to the
high pulse energy of the Ho:YAG laser and the physical properties of cortical bone (see
section 4.3). Laser pulses deposit a vast amount of energy within a small tissue volume
(thermal penetration depth ≈ 250 µm), which is converted into heat through vibrational
and rotational energy states of the water molecules. This leads to a sudden vaporization
of water inside the tissue resulting in micro-explosions that also eject tissue fragments
with high kinetic energy, thus, carrying away a vast amount of the pulse energy. In this
case, however, ablation products could not escape, thus, most of the energy was kept
within a small volume.
After all of the water within the focal volume has evaporated, subsequent pulses lead
to a rapid heating up of the tissue. These high temperatures lead to a charring of the
tissue surface within a zone of ≈ 50 µm [Sch92], which results in even stronger light
absorption and, thus, increases the heating up of the tissue. The temperature within the
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Fig. 7.11: Temperature during laser coagulation of trabecular bone with the Ho:YAG laser.
Pulse energy was set to 1500 mJ at a repetition rate of 10 Hz. The laser has been switched off
after 60 seconds leading to a total application of 900 J.
thermal volume may rise up to several thousand ◦C within a few microseconds, thereby
igniting a thermal plasma [Hel92], [Kuh98]. This leads to a change in the structure of
bone mineral which results in cracks inside the cortical bone (see arrows in fig. 7.12). This
is accompanied by a typical noise and intense fluorescent light. Coagulation is limited to
a region of approximately 1 cm in diameter as can be seen in fig. 7.12.
7.4 Bone coagulation with the Nd:YAG laser
The second laser which was evaluated was a powerful Nd:YAG laser system (λ = 1064 nm)
constructed for laboratory use. The laser consists of a sealed cavity with a diode pumped
crystal mounted in an open housing, which allows for easy adjustment and tuning of the
mirrors. The system runs in the cw mode with a maximum output power of 28 W and a
TEM00 beam.
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Fig. 7.12: Cryomicrotome cut after coagulation with Ho:YAG laser. The laser parameters were
set to (from left to right): 500 mJ at 10 Hz, 1500 mJ at 10 Hz, 1000 mJ at 10 Hz and 1000 mJ
at 5 Hz. The arrows show cracks due to melting and re-crytallization of bone matrix.
7.4.1 Experimental set-up
The laser was mounted on an optical board to provide easy connection to other compo-
nents. With the use of a bending mirror, the laser beam was guided onto a spherical lens
(f = 30 mm) focussing the beam into the optical fibre.
In contrast with the experiments with the Ho:YAG laser, the temperature probes in this
experiment were located along the bone axis and perpendicular to it, i.e. in the lateral
direction. Fig. 7.13 shows the arrangement of the laser fibre and the fluoroptic fibres for
the experiments with the Nd:YAG laser on cortical bone.
Fig. 7.13: Positioning of the
optical fibre inside the cortical
bone. A spherical template
was used for precise position-
ing.
The laser fibre was fixed in the centre and fibre-optic probes were fixed at radial
distances of 4 mm, 6 mm, 8 mm and 10 mm from the centre. Laser radiation was then
applied for 180 seconds. As in the experiments with the Ho:YAG laser, the fibre was
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examined after each session to check the distal surface.
In total, five measurements were carried out with total energies applied ranging from 360
J to 2000 J (see table 7.2). During the experiment, the tissue sample was placed inside a
saline solution to simulate the cooling of surrounding tissue similar to in vivo conditions.
The solution was heated externally and kept at a temperature of 37◦C.
7.4.2 Temperature control
An analysis of temperature development during laser coagulation with the Nd:YAG laser
is shown in fig. 7.14, and fig. 7.15.
Fig. 7.14: Temperature during laser coagulation of cortical bone with the Nd:YAG laser. Laser
power was set at 4 W and then increased to 7 W with a total energy application of 2000 J.
In fig. 7.14, initial laser power was set at 4 W and then, after 180, was increased to 7
W for another 180 seconds which led to a total energy application of 2000 J. An interesting
result from temperature measurement is the difference in temperatures along the bone axis
compared to those in the lateral direction. Fig. 7.14 shows that the rise in temperature in
the lateral direction was twice as high as in the axial direction. This is due to the structure
of cortical bone with its concentric lamellae in each osteon which contain collagen fibres
oriented at a perpendicular angle to one another (see fig. 4.1). This structure leads to
a preferential diffusion of temperature along the bone axis. Temperature measurement
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Fig. 7.15: Temperature during laser coagulation of cortical bone with the Nd:YAG laser. Laser
power was 2.5 W with a total energy application of 450 J.
with the fluoroptic thermometer, however, is limited to a maximum temperature of 80◦C,
thus, the maximum values cannot be determined exactly.
Table 7.2 shows that an application of 360 J from the Nd:YAG laser is capable of
heating up bone cells to more than 50◦C within a distance of 5.5 mm from the laser fibre.
At total energies of 2000 J, the size of tissue coagulation reaches more than 9 mm, thus,
tumour sizes of up to 2 cm may be treated.
7.4.3 Histological investigation
Histological investigation of the tissue sample after irradiation with the Nd:YAG laser
showed that there was only minimal charring (see fig. 7.16) even after application of 2000
J.
These results implied that the Nd:YAG laser is superior to the Ho:YAG laser with
regard to LITT of bone tissue, since carbonization did not occur. This allows for deeper
and faster penetration of laser radiation into the tissue resulting in larger coagulation
volumes.
82 CHAPTER 7. LITT OF BONE TUMOURS
Total energy Laser power Distance from fibre Maximum temperature
360 J 2 W 3.5 mm (lateral) 63◦C
360 J 2 W 5.5 mm (lateral) 54◦C
400 J 2.25 W 5 mm (lateral) 64◦C
450 J 2.5 W 3 mm (axial) 76◦C
500 J 2.8 W 4.5 mm (lateral) 58◦C
2000 J 7 W (4 W) 4 mm(axial) > 80◦C
2000 J 7 W (4 W) 5 mm (lateral) 62 ◦C
2000 J 7 W (4 W) 9 mm (lateral) 62 ◦C
Table 7.2: Comparison of bone necrosis depending on applied laser energy.
Fig. 7.16: Cryomicrotome
cut after coagulation with
Nd:YAG laser. Total en-
ergy applied was 2000 J.
7.5 Bone coagulation with the diode laser
The third laser system that was evaluated was a diode laser (λ = 940 nm) with a maximum
output power of 50 W. The laser is a compact turnkey system for clinical applications. Due
to its wavelength of 940 nm, laser tissue interaction is dominated by thermal interaction
(see section 2.2).
In the standard mode, output power can be increased from 1 to 50 watts in steps of 1
watt. The laser is equipped with a special Lightguide Protecting System (LPS) which
detects the white fluorescent light that occurs if tissue is carbonized and, thus, allows for
easy protection against tissue carbonization. During the experiments, however, the LPS
mode was switched off since the thermal properties of bone tissue required a minimal
output power of 6 watts. This resulted in a small rim of charred tissue adjacent to the
laser fibre.
As in the experiments with the Ho:YAG laser and the Nd:YAG laser, fibre-optic fluorescent
temperature probes were fixed inside the cortical bone at distances of 3 to 10 millimetres
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from the tip of the laser fibre. During the experiment the tissue sample was placed inside
a saline solution to simulate the cooling of surrounding tissue similar to in vivo conditions.
For laser coagulation, a maximum output power of 10 W was applied.
7.5.1 Temperature control
An analysis of temperature development during laser coagulation with the diode laser is
shown in fig. 7.17.
Fig. 7.17: Temperature during laser coagulation of cortical bone with the diode laser.
Laser power was 10 W with a total energy application of 900 J.
LITT of bone tissue with the diode laser allows for maximum coagulation of tumour
sizes up to 2 cm in diameter. This is comparable with the extent coagulation using the
Nd:YAG laser. The total energy applied, however, was only half as much.
Similar to the results for the Nd:YAG laser, the diode laser allows for coagulation of
tumour sizes up to 2 cm in diameter at total energies of less than 1000 J.
7.5.2 Histological investigation
Fig. 7.18 shows the cryomicrotome cut after irradiation of 900 J (10 W) with the diode
laser. Charring was limited to a zone of two to three millimetres. Compared with the
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Total energy Laser power Distance from fibre Maximum temperature
380 J 7 W 5 mm 50 ◦C
500 J 5 W 5 mm 48 ◦C
720 J 12 W 8 mm 60 ◦C
900 J 10 W 10 mm 62 ◦C
Table 7.3: Comparison of bone necrosis depending on applied laser energy from diode laser.
results from previous investigations, charring was considered acceptable. In vivo investi-
gations might result in a smaller amount of charring.
Fig. 7.18: Cryomicrotome
cut after coagulation with
diode laser. Total energy
applied was 900 (10 W).
7.6 Online MRI temperature control of laser coagu-
lation on bone tissue
One method of monitoring the efficiency of thermotherapy is to measure tissue tempera-
ture. Interstitial temperature monitoring conventionally requires the invasive placement
of temperature probes. These probes provide only information about the temperature at
discrete points. Thus, insufficient information about the continuous temperature distribu-
tion inside the tumour is provided. Precise information, however, is of great importance,
since tumour cells can survive in “cold spots” and healthy tissue can be damaged in “hot
spots”.
The temperature dependence of several physical parameters that influence the MR im-
age can be used as a for non-invasive method of temperature monitoring [Rei98] [Mu¨l98]
[Mor98] [Ols98] [Pal97] [Asc93] [Blu¨93]. Three different approaches for MR thermometry
are currently available. The temperature dependence of the spin-lattice relaxation time
T1, the temperature dependence of the proton resonance frequency (PRF or chemical
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shift) and the temperature dependence of the diffusion coefficient D (see section 3.3). All
three methods were investigated to determine their feasibility during laser coagulation of
bone tissue.
Following the evaluation of the three laser systems, the Ho:YAG laser turned out to be
unsuitable for laser bone coagulation due to intense charring of the tissue. The Nd:YAG
laser is not a turnkey system and needs special installations for power supply and water
cooling, which were not available at the MRI scanner. Thus, only the diode laser could
be tested under online MRI temperature control.
7.6.1 Experimental set-up
Fig. 7.19: Set-up of the experiments
regarding laser coagulation under online
MRI temperature control using a 1.5 Tesla
scanner and a head coil for signal acqui-
sition. To protect the laser fibre and the
fluor-optic fibres from breakage they were
fixed inside a venous catheter.
All experiments were carried out on a 1.5 Tesla super-conducting whole body scanner
(Magnetom Vision, Siemens AG, Germany) at the German Cancer Research Centre. A
standard circular polarized head coil was used for signal detection. The invasive temper-
ature data were acquired using a 4-channel fibre-optic fluorescent thermometer (Model
755, Luxtron, USA). Fig. 7.19 shows the experimental set-up.
Before laser coagulation was started, anatomical scans were acquired to locate the arti-
ficial tumour and to match the region of interest (ROI) in the corresponding planes. To
determine changes due to laser coagulation in the anatomical scans, data acquisition was
repeated after laser coagulation. Fig. 7.20 shows two T1 weighted scans before (left) and
after (right) laser coagulation with 600 J (120 seconds).
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Fig. 7.20: Coronal T1 weighted MRI before (left) and after (right) laser coagulation with 600
J (120 s). After application of contrast medium the laser lesion in the bone marrow appeared
as a hypo-intense region (arrow).
7.6.2 Temperature control using the PRF-method
Phase images were acquired using a conventional FLASH sequence without phase
correction. Parameters were set to: TR = 50 ms, TE = 15 ms, flip angle = 30◦, MA
= 256 × 256. This resulted in a total acquisition time of 15 seconds and a nominal
resolution of 0.98 × 0.98 mm2.
Fig. 7.21 shows first results from PRF temperature monitoring. Total energy applied
was 300 J.
The colour-coded phase images were calculated using a 3 × 3 pixel filter and by
subtracting the initial grey-scale image acquired immediately before laser coagulation,
from all subsequent images acquired during laser action. The update time throughout
the experiment was limited to 15 seconds due to the long acquisition time of the MRI
sequence. Invasive temperature monitoring was performed using fibre-optic probes located
in the cortical bone at a distance of 3-4 mm and in the adjacent muscle simultaneously
to the PRF temperature measurements.
7.6.3 Temperature control using the T1 relaxation time
SRTF images (see section 3.3.1) were acquired for T1 relaxation temperature control using
the following parameters: TR = 10.2 ms, TE = 4 ms, TREC = 1100 ms, flip angle = 12
◦,
MA = 128 × 128, with a total acquisition time of 1.5 seconds. The spatial resolution
was 1.95 × 1.95 mm2. Fig. 7.22 shows the results from rapid MRI temperature imaging
during laser coagulation using the T1 method.
The colour-coded images in fig. 7.22 show that the temperature adjacent to the laser
fibre exceeded 100◦C. This concurred with the fibre-optic measurements, where the max-
imum temperature reached 130◦C. Fig. 7.23 shows the results of rapid MR temperature
monitoring after application of 1080 J. The colour-coded images were calculated using
calibration on fat tissue and were then superimposed on the anatomical image using a 3
× 3 pixel filter. There is, however, a problem in calibrating temperatures exceeding 65◦C,
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Fig. 7.21: Left: phase image before (top),
after 25 seconds (middle) and after 55 sec-
onds (bottom) of laser coagulation. Right:
colour-coded image after application of 300
J without superimposition of the anatomical
image and without filtering.
since temperature changes no longer correlate linearly to changes in T1 relaxation time.
As the right-hand plot in fig. 7.23 shows, temperature falls rapidly in the lateral
direction. This concurs with the data from fibre-optic measurements.
7.6.4 Temperature control using the diffusion method
Single shot (HASTE) spin-echo sequences with asymmetric timing table (SLICE-
technique) and Stejskal-Tanner preparation were used for diffusion weighted images
[Rad00]. The parameter settings were: TR = 5000 ms, TE = 116 ms, b-value up to
400 s/mm2 with Gmax = 18.5 mT/m, MA = 128 × 128, with a total acquisition time of
1 second and a nominal resolution of 1.88 × 0.94 mm2.
Fig. 7.24 shows the results of the temperature measurements using diffusion weighted
MRI. The colour-coded image shows only minor changes in temperature. Due to the long
TE which is limited by system paramters and due to the short T2 relaxation time the MR
signal is very small, thus, image quality is not as good as for T1 weighted images with
shorter TE.
Since none of the images showed great changes, it is thought that the diode laser might not
have worked properly. Simultaneous invasive temperature measurements with fibre-optic
probes produced similar results.
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Fig. 7.22: Chronological temperature control during laser coagulation using T1 weighted MRI.
Total energy application was 960 J (120 seconds). Image acquisition was carried out every 10
seconds. Colour-coded images were calibrated on T1 relaxation time of fat (∆ T1 = 3 ms/◦C).
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Fig. 7.23: Comparison of colour-coded temperature images with corresponding temperature
plot calibrated on fat (∆ T1 = 3 ms/◦C).
Fig. 7.24: Top: diffusion weighted MR image before (left) and after (right) laser coagulation
with 100 J (10 seconds). Bottom: colour-coded image after application of 100 J (without
superimposition of anatomical image).
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7.7 Conclusion
We have demonstrated LITT on non-perfused bone tissue to be a promising, simple,
precise and minimally-invasive treatment for osteoid osteoma and an alternative to
existing surgical and percutaneous operation techniques.
After evaluating three different laser systems (Ho:YAG, Nd:YAG and diode), we found
that thermal penetration and thus coagulation of bone tumours is possible even for
tumours of up to 2 cm in diameter. The Nd:YAG laser (λ = 1064 nm) provided the
best results with regard to fast coagulation and little charring. However, blood flow
during in vivo experiments together with the Lightguide Protection System (LPS) means
that charring can be minimized [Whe95]. Thus, the diode laser cab be regarded as the
most appropriate laser for future in vivo investigations.
Temperature measurements during laser coagulation of cortical bone tissue using
the Ho:YAG laser showed that, due to its high pulse energies of up to 1800 mJ, strong
carbonization occurred. In addition, due to high temperatures, bone mineral melted
and re-crystallization led to a cracking of the bone. Due to its strong carbonization and
limited coagulation of approximately 1.2 cm in diameter, the Ho:YAG laser is considered
to be unsuitable for laser coagulation of cortical bone.
Throughout the experiments, the bare fibre proved to be efficient, which meant that
the use of LITT fibres with diffusor tips was not necessary due to the small size of the
osteoid osteoma. These fibres are much more fragile and often additional cooling of the
fibre is needed. LITT fibres, however, would be needed for the coagulation of larger bone
tumours such as ostoe-blastoma or bone metastasis.
Our new puncture system was developed and tested for the puncture of the nidus and
proved to be perfect with regard to accuracy, stability and compatibility, showing no
artefacts during MRI. We also compared conventional MRI puncture needles made for
application on bone tissue.
We developed new fast MRI sequences for online temperature monitoring together with
the German Cancer Research Centre. Measurements showed that the T1 method is the
most reliable one at the moment, although the results from the diffusion method and the
PRF (proton resonance frequency) are more sensitive. A precise estimation of absolute
temperature for phase and diffusion images, however, requires further investigation. First
results demonstrate that visualization and control of the heating procedure during LITT
on bone tissue based on MR thermometry is possible. Data acquisition within a few
seconds allows for rapid temperature monitoring. Time resolutions are 1 s for diffusion
weighted images, 1.5 s for the T1 weighted images and 15 s for the PRF method. Spatial
resolutions are 0.98 × 0.98 mm2 for PRF, 1.88 × 0.94 mm2 for diffusion and 1.95 × 1.95
mm2 for T1 weighted images [Rad01].
Chapter 8
Conclusion and Outlook
After an evaluation of four different laser systems during extensive in vivo studies on
lamb’s spines, the Ho:YAG laser turned out to be the most appropriate laser system
for in vivo studies using the new minimally-invasive operation technique for a gentle
treatment of spinal deformities. A special laser applicator suitable for sterilization and
endoscopic usage was developed for this purpose.
In contrast to the results of the in vitro experiments, the temperature fell rapidly to
a value close to body temperature immediately after the laser had been switched off,
whereas during the in vitro experiments the temperature remained at a relatively high
level due to the lack of blood flow. Although the peak temperature reached 75◦C in the
vertebral body during in vivo treatment, it fell very quickly so that no lasting effects to
the nerve roots in the vertebral bodies and the spinal cord are to be expected. None of
the animals showed any neurological conspicuousness.
These first results imply, that it is possible to produce a change in spinal growth by
laser hemiepiphysiodesis. Nevertheless, in order to develop this operation technique
for clinical application it is necessary to determine a tight correlation between the number
of ablated growth plates and the extent of scoliotic growth, thus, further investigations
are necessary.
In 75% of all cases, the desired effect of inhibiting growth on one side, i.e. the side with
laser hemiepiphysiodesis, could be achieved. However, the degree of curvature did not
exceed 30◦ and might not be sufficient to compensate severe scoliotic growth of up to 70◦.
Thus, from a clinical point of view, the ablation of a maximum number of six epiphyseal
growth plates might not have been enough to induce significant scoliotic growth and
might be a reason why the change in spinal growth is not as strong as might be needed
for an effective treatment of severe idiopathic scoliosis. In addition, the neurocentral
cartilage in the vertebral bodies of foxhounds might have had a negative influence on
scoliotic growth. However, for minor scoliotic growth, the invented technique would be
sufficiently successful.
Animal experiments with primates might have been more successful due to their
similarity to the human with an upright position of the spine. These experiments,
however, would be extremely costly and difficult to carry out for ethical reasons.
However, according to the given objective of partially removing the vertebral growth
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plate as a minimally-invasive scoliosis treatment, it was shown that high-precision,
minimal thermal damage to adjacent tissue and a sufficiently high ablation rate could be
achieved during in vivo operations. The chosen 3-D thoracoscopic operation technique
in combination with the Ho:YAG laser proved to be successful and reliable with regard
to laser tissue ablation, laser handling and the safety of sensitive structures. In addition,
the results of this work can be used to apply the operation technique to other, similar
clinical applications where a precise ablation of hard tissue without thermal damage to
adjacent structures is essential, such as the treatment of herniated discs and stenosis of
intervertebral foraminae.
Alternative laser ablation might be possible in the future due to newly developed sapphire
optical fibres with high transmission rates of more than 80% at wavelengths of up to 3.5
microns. This would allow the endoscopic use of Erbium doped lasers at wavelengths
of around 3 µm at which water has its strongest absorption peak. These fibres were,
however, not available when we carried out our work.
In a second application, the experiments with the ps and fs-laser system showed
that plasma-mediated tissue ablation of cortical bone is possible with sufficiently high
ablation rates and accuracy for the clinical application of microsurgical treatment. In
addition, according to the results from histological investigations, no thermal damage
occurred to collateral structures. Compared to a zone of thermal damage of 50-100
µm for bone ablation with the Ho:YAG laser [Sch92][Cha90] and 100-200 µm for the
CO2 laser [Sch92][Fri00], plasma-mediated bone ablation is very safe, thus, the use of
new compact ps and fs-lasers in combination with already existing laser-probes [Go¨t99]
enables the non-thermal ablation of bone tissue and, therefore, makes new clinical
applications possible, especially in orthopaedics in the treatment of stenosis on vertebral
foraminae, necrosis of the head of femur [Bon99] and ear-nose-throat (ENT) surgery.
Since threshold fluence needed for initiating the ablation process is lower for the shorter
femtosecond pulses than for picosecond pulses, lower pulse energies can be used for the
removal of bone tissue if femtosecond laser pulses are applied. This results in reduced
shockwave effects. In addition, in comparison to longer picosecond laser pulses from the
Nd:YAG laser, the ablation with the Ti:Sapphire femtosecond pulses was found to be
more efficient. However, due to its high pulse energy of up to 2.5 mJ and repetition rates
of up to 4 kHz, the picosecond laser system may reach high ablation rates of cortical
bone tissue of about 10 mm3/min. This time is short enough to be of clinical relevance.
For these laser parameters, the ablating beam should be scanned over the tissue surface
ten times faster than in this experiment. From a technical point of view, such scanning
speeds can be easily achieved.
In a third application, we demonstrated the feasibility of LITT on bone tissue as a
promising, simple, precise and minimally-invasive treatment for Osteoid Osteoma that
may be an alternative to traditional surgical and percutaneous ablations.
After evaluating three lasers (Ho:YAG, Nd:YAG and diode (λ = 940 nm)), we found
that thermal penetration and, thus, coagulation of the bone tumour is possible even with
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tumour sizes of up to 2 cm in diameter. The Nd:YAG laser provided the best results
with regard to fast coagulation and little charring. However, due to blood flow during
in vivo experiments together with the Lightguide Protection System (LPS), charring can
be minimised. Thus, the diode laser was regarded being the most appropriate laser for
future in vivo investigations.
Due to its strong carbonisation and limited coagulation of approximately 1.2 cm in di-
ameter, the Ho:YAG laser is considered being unsuitable for laser coagulation of cortical
bone.
Throughout the experiments, the bare fibre proved to be sufficient due to the small size
and round shape of the Osteoid Osteoma. Thus, no LITT fibres with diffusor tip and
additional cooling were necessary. This, of course, is not applicable to larger bone tu-
mours such as ostoeblastoma or bone metastasis. Those tumours were not part of this
investigation.
Our new puncture system was developed and tested for the puncture of the nidus and
proved to be perfect with regard to accuracy, stability and compatibility, showing no
artefacts during MRI acquisition. We also compared conventional MRI puncture needles
made for an application on bone tissue to our own newly invented puncture needle. It
turned out that the conventional needle becomes blunt, i.e. useless, after one single punc-
ture whereas our needle proved to be far more rigid and could be used for at least 10
punctures.
We developed new fast MRI sequences for online temperature monitoring together with
the German Cancer Research Centre. Measurements showed that the T1 method is the
most reliable one at the moment, although the results from the diffusion method and
the PRF (proton resonance frequency) are more sensitive. This, of course, puts high de-
mands on the MRI scanner too. A precise estimation of absolute temperature for phase
and diffusion images requires further investigation. First results, however, demonstrate
that visualization and control of the heating procedure during LITT and data acquisition
within intervals of 1.5 seconds is possible.
Future investigation will have to verify the results during in vivo experiments. This will
have to include verification of laser parameters, MRI temperature control, and histological
investigation. We think that our operation technique will we ready for a first clinical use
within the next two years.
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